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SUMMARY
Afferent feedback is important for modulating locomotion and maintaining
stability. Studying locomotor extremes and applying perturbations to normal loco-
motion allows us to probe the effects of afferent feedback on the control of normal gait.
Investigating the walk-to-run gait transition specifically provides a unique locomotor
event to investigate the fundamental determinants of legged locomotion (walking or
running) and identify the sensory inputs important to the ongoing neuromuscular
control of walking and running.
The first goal of this dissertation was to investigate the contributions of plan-
tarflexor muscles during stance (Aim 1) and flexor muscles during swing (Aim 2)
to the walk-to-run transition. To accomplish this I used unilateral, transtibial am-
putee subjects as a means to assess the affects of unilaterally eliminating plantarflexor
propulsive force production and below-knee flexor activation on the walk-to-run tran-
sition speed. The main objective of Aim 1 was to determine the preferred gait tran-
sition speeds of unilateral, transtibial amputee subjects, and the influence of kinetics
on the walk-to-run gait transition speed. Unilateral, transtibial amputee subjects
transition between gaits at a lower speed than able-bodied controls and are still able
to generate higher propulsive forces walking at speeds above their preferred gait tran-
sition speed. This finding indicates that their walk-to-run transition is not likely
dictated by the force-length-velocity characteristics of the intact plantarflexor mus-
cles. Thus, as an experimental model, unilateral, transtibial amputee subjects can
provide unique insights for decoupling the previously identified performance limit of
plantarflexor muscles from the preferred gait transition speed in order to probe other
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potential determinants. The main objective of Aim 2 was to quantify the muscle ac-
tivation during walking and running gaits relative to the walk-to-run gait transition
speed for unilateral, transtibial amputee subjects. The swing phase tibialis anterior
muscle activation is a major determinant of the walk-to-run transitions in unilateral,
transtibial amputee subjects. Swing phase dorsiflexion moments alone do not ex-
plain these results and additional work is necessary to probe potential mechanical
and neural explanations. Furthermore, in unilateral, transtibial amputee subjects,
swing-phase rectus femoris and biceps femoris long head activations and their respec-
tive joint moments are a function of changes in absolute speed and thus not indicative
of their significantly lower gait transition speed.
The second goal of this dissertation was to probe the potential contributions of
afferent feedback to the underlying neuromuscular mechanism ultimately responsible
for the transition (Aim 3). The main objective of Aim 3 was to evaluate the effects
of contralateral sensory loss on the motor output of the ipsilateral leg. Unilateral
below-knee, ischemic deafferentation has significant effects on both inter- and intra-
limb motor output. The net effect of contralateral sensory loss below the knee is a
significant decrease in ipsilateral flexor muscle activations during the transition from
flexion to extension in pedaling (Q1). Due to the rapid time course of these responses,
I speculate either i) contralateral below-knee afferents (most likely Ia and/or cuta-
neous) have a net excitatory effect on the ipsilateral flexor muscles or ii) contralateral





Human locomotion is an incredibly complex task requiring the integration of descend-
ing control and afferent signals, in conjunction with intra- and interlimb coordina-
tion. The largely noninvasive nature of human locomotion control studies presents
challenges from a methodological and analysis perspective. However, investigating
the underlying control processes that govern locomotion in humans are paramount
to our basic understanding of the neuromuscular control of gait. Two components
modulating the underlying control of gait are sensory feedback (Hayes et al., 2012;
Pearson, 2004) and interlimb coordination (Alibiglou et al., 2009; Stevenson et al.,
2013; Ting et al., 2000). However, what type of sensory feedback is involved, and to
what functional effect is not well understood.
Current gait rehabilitation strategies often focus on regaining symmetry between
the limbs (Hassid et al., 1997; Hesse et al., 2013; Mauritz, 2002). Yet, we cannot ap-
propriately strategize how to achieve symmetry in a system if we do not understand
the inherent interlimb coordination strategies of said system. Furthermore, it re-
mains to be seen if this is even the best strategy in rehabilitation. This is particularly
pertinent to pathologies that manifest with unilateral deficits, such as in hemiparesis
resulting from stroke, cerebral palsy, and spinal cord injury, as well as musculoskeletal
trauma, such as transtibial amputation. Improving our understanding of the neuro-
muscular control of gait is necessary to significantly advance rehabilitation practices
and assistive devices for ambulation. Recent advances in powered exoskeletons and
prostheses as well as myoelectric device control are promising (Herr and Grabowski,
2012; Takahashi et al., 2015). However to increase the robustness of these systems
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(i.e. across gaits and speeds) and most efficiently and effectively integrate with users
we must understand the neuromuscular control of gait.
Walking and running are the most common forms of locomotion in humans, each
with distinct kinematic and muscle activation patterns characteristic of the dynam-
ics for each gait (Novacheck, 1998). At a spinal level the walk-to-run transition is
most likely the result of either a change in the activation state of the same central
pattern generators (a single motor program) (Cappellini et al., 2006; Labini et al.,
2011; Yakovenko et al., 2005) or a switch between gait-specific central pattern gen-
erators (from one motor program to another) (Collins, 2003; Shapiro et al., 1981).
Thus, the walk-to-run transition provides a unique locomotor event to investigate the
fundamental determinants of legged locomotion (walking or running) and identify
the sensory inputs important to the ongoing neuromuscular control of walking and
running. However, the ultimate cause of the walk-to-run transition is still contested.
Two leading and opposing views have emerged concerning the major determinant
of the walk-to-run transition: 1. Extensor hypothesis: propulsive force production
by the legs is limited by the force-length-velocity properties of ankle plantarflexors
(Arnold et al., 2013; Farris and Sawicki, 2012; Neptune and Sasaki, 2005); 2. Flexor
hypothesis: a sensory threshold of perceived exertion is reached when flexor muscles
in the leg reach a critical level of activation during swing (Ivanenko et al., 2008; Pri-
lutsky and Gregor, 2001) or early stance (Malcolm et al., 2009b). The aforementioned
two views are not necessarily mutually exclusive, and require further investigation in
terms of kinetics and muscle activations via both intra- and interlimb analysis.
The goal of this dissertation is to investigate the contributions of plantarflexor
muscles during stance and flexor muscles during swing to the walk-to-run transition
and probe the potential contributions of afferent feedback to the underlying neuromus-
cular mechanism ultimately responsible for the transition. In order to accomplish this
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I employed a bipartite approach. First I sought to identify the kinetic and neuromus-
cular determinants of the walk-to-run transition in unilateral, transtibial, amputee
subjects in comparison to able-bodied subjects (Aims 1 & 2). To my knowledge, pre-
vious gait transition studies have never imposed a unilateral perturbation, and most
have focused analyses on one leg ipsilaterally. Second I investigated the likelihood
of a potential underlying neuromuscular mechanism responsible for the walk-to-run
transition. Specifically whether an imbalance in stance phase extensor afferent feed-
back and swing phase flexor muscle activations between legs at high walking speeds
could be due to decreased force feedback at high walking speeds (Aim 3). This was
addressed via manipulation of sensory feedback during a novel cycling paradigm in
able-bodied subjects.
1.1 The walk-to-run transition
The walk-to-run transition has been investigated for nearly eight decades (Margaria,
1938). Over the years, many theories about the mechanisms responsible for this
transition have evolved, which ultimately can be organized into three overarching
categories: i. energetics, ii. dynamics, and iii. neuromuscular. Currently, there is
significant support for the idea that some type of stress during higher than preferred
walking speeds initiates the transition from walking to running in order to alleviate
stress.
Most often in gait transition research, investigators are seeking to identify triggers
or determinants of said transition. These words have different connotations, however
are often used interchangeably in the literature. For the purposes of this thesis a
trigger of the gait transition refers to the ultimate underlying mechanism responsible
for the walk-to-run transition, while a determinant is any input that can significantly
influence the action of the mechanism (i.e. alter the walk-to-run transition speed).
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1.1.1 Energetics
Both humans and horses have been shown to prefer gaits at particular speeds in
order to minimize energy expenditure or cost of transport (the amount of energy
needed in order to move a unit of weight a unit of distance) (Falls and Humphrey,
1976; Hoyt and Taylor, 1981; Hreljac, 1993b; Margaria, 1938; Mercier et al., 1994;
Minetti et al., 1994). The rate of oxygen consumption during walking at varying
speeds is characterized by a curvilinear relationship, while a more linear relationship
is indicative of running (Minetti et al., 1994). Hoyt and Taylor found a correlation
between preferred type of gait in horses at different speeds and its energetic economy,
leading them to conclude that horses and humans change gait and select a speed
within a gait in order to be most energetically economical (Hoyt and Taylor, 1981).
However, preferred transition speeds were later found to be statistically lower than
the most energetically optimal speeds, suggesting something other than an energetic
trigger is responsible for the walk-to-run transition in humans. Actual gait transition
speeds in humans are lower than theoretical calculations of the transition speed based
on metabolic energy expenditure (Ganley et al., 2011; Hreljac, 1993b; Sentija et al.,
2012). Furthermore, both the theoretical and actual gait transitions speeds were not
dependent on training status or aerobic capacity (Rotstein et al., 2005). Although,
it is likely that energetics is the ultimate reason for the walk-to-run transition, it is
not the proximate trigger.
1.1.2 Dynamics
The dynamics of the walk-to-run transition have been investigated with respect to
the dynamics of the inverted pendulum model of walking, as well as the stability of
the system via a dynamical systems approach.
The mechanics of walking are simplistically characterized as an inverted pendu-
lum where kinetic and potential energy fluctuate out of phase (Cavagna et al., 1977;
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McGeer, 1990b; Mochon and Mcmahon, 1980). Running gaits are modeled as springs,
or spring-loaded inverted pendulums, where kinetic and potential energy fluctuations
happen in phase (Blickhan, 1989; McGeer, 1990a; Mochon and Mcmahon, 1980). The
exchange of kinetic and potential energy breaks down when walking at higher than
preferred walking speeds, decreasing the recovery of mechanical energy, and thus in-
creasing muscular demands. Transitioning to a run could serve as a means to conserve
mechanical energy (Cavagna et al., 1977; Kram et al., 1997). The influence of the
pendular dynamics of walking on the walk-to-run gait transition has been assessed
by means of the Froude number (Hubel and Usherwood, 2013; Kram et al., 1997).
Humans and birds consistently transition between a walk and a run at a Froude num-
ber of 0.5 (Alexander, 1977; Gatesy and Biewener, 1991; Hreljac, 1995; Thorstensson
and Roberthson, 1987). The Froude number is a dimensionless number calculated
using velocity of locomotion (v), acceleration due to gravity (g), and leg length (L)
(Fr =v2/gL). Utilizing the Froude number to model the walk-to-run transition speed
results in walk-to-run transition speeds that are consistently higher than observed
walk-to-run transitions. However during increases in inclines, predicted walk-to run
transition speeds decrease at the same rate as actual walk-to-run transition speeds,
thus the dynamics of the inverted pendulum are predictive of walk-to-run transition
speeds (Hubel and Usherwood, 2013). By reducing gravity during gait transitions,
Kram et al. showed walk-to-run gait transition speeds decreased for each respective
gravity condition, such that the resultant Froude number remained at approximately
0.5 (Kram et al., 1997). They concluded that the dynamics of the inverted pendulum
trigger the walk-to-run transition speed in humans. However, the underlying physi-
ological mechanism or neuromechanical determinant for the transition to occur at a
Froude number of 0.5 is still unclear.
A dynamical systems approach to gait transitions, through theoretical modeling
and human experiments, suggests the transition occurs to restore the stability of
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the system dynamics (i.e. step frequency, stride length, kinematic variability) and
consequentially reduces energetic costs (Diedrich and Warren, 1995). Walking and
running are considered stable attractors. A deviation away from one of those attrac-
tors decreases stability. This stability has been likened to variability in the system
and probability of a gait transition (Li, 2000). At low speeds (when walking is al-
ways the preferred gait) the probability of a gait transition is close to 0%, and thus
very stable. As velocity increases, around ∼1.8 m/s, the probability of a walk-to-run
transition begins to increase dramatically, consequently the stability in the locomo-
tor system decreases dramatically. Transitioning to a running gait would then cause
a subsequent drastic increase in system stability. The dynamical systems approach
provides a model to assess and predict gait transitions, however it lacks the ability
to assess potential afferent or other physiological inputs directly contributing to the
walk-to-run transition.
1.1.3 Neuromuscular
Early investigations into potential neuromuscular determinants focused on kinematic
variables, but most recently, muscular variables have been implicated as main determi-
nants of the walk-to-run transition. Two leading and seemingly opposing views have
emerged concerning the major determinant of this transition: 1. Extensor hypothesis:
propulsive force production by the legs is limited by the force-velocity properties of
ankle plantarflexors; 2. Flexor hypothesis: a sensory threshold of perceived exertion
is reached when flexor muscles in the leg reach a critical level of activation during
swing or early stance.
1.1.3.1 Critical joint loads or angles
Critical musculo-skeletal forces have been proposed as the trigger for the trot to
gallop transition in horses. Evidence was found in a study where weighted horses
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transitioned from trot to gallop at much lower speeds, but at the same critical me-
chanical stress points (peak vertical force), as when unloaded most likely to protect
musculo-skeletal structures (Farley and Taylor, 1991). However, this hypothesis was
not supported in humans (Hreljac, 1995). Transitioning from a walk to a run in
humans results in an increase in peak force production.
Kinematic variables that decrease after transitioning to a run have been identified
as potential determinants. Thigh angle has been shown to severely diminish after
transitioning from walk-to-run, supporting the idea that a critical thigh angle maybe a
determinant in the transition (Minetti et al., 1994). Maximum ankle angular velocity
was identified as a determinant for the preferred gait transition in humans in order
to prevent the overexertion of dorsiflexor muscles during fast walking (Hreljac, 1995;
Hreljac et al., 2001; MacLeod et al., 2014)
1.1.3.2 Extensor hypothesis: Force-length-velocity characteristics
Impaired plantarflexor force production (propulsive force), due to the force-length-
velocity characteristics of plantarflexors, as walking speed increased has been identi-
fied as a determinant of the walk-to-run transition in humans (Arnold et al., 2013;
Farris and Sawicki, 2012; Lai et al., 2015; Malcolm et al., 2009a; Neptune and Sasaki,
2005). With increased walking speed, plantarflexor fascicle shortening velocities in-
crease as well, resulting in decreased muscular force production. Transitioning to a
run (at ∼2.0 m/s) reduces plantarflexor fascicle shortening velocities, consequently in-
creasing propulsive force production. This has been shown by neuromuscular models
(Arnold et al., 2013; Neptune and Sasaki, 2005), as well as in vivo with ultrasonog-
raphy of the soleus and medial gastrocnemius muscles (Farris and Sawicki, 2012; Lai
et al., 2015).
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1.1.3.3 Flexor hypothesis: Perceived exertion of flexor muscles
In a 2001 study, Prilutsky and Gregor suggested that the walk-to-run and run-to-
walk transitions were differentially triggered by perceived exertion related to swing
phase flexors and stance phase extensors, respectively (Prilutsky and Gregor, 2001).
Specifically, they identified a net effect of exaggerated swing-related activations of the
tibialis anterior, biceps femoris long head, and rectus femoris muscles during walking
at higher than normal speeds (i.e. at or above the gait transition speed). Whereas
muscle activations during running at the same speeds were significantly lower. These
results were corroborated by assessment of mapping the motor neuron activity onto
the spinal cord, where walking at higher than normal speeds yielded significantly
higher lumbosacral activations, than running at the same speeds (Ivanenko et al.,
2008).
Rapid eccentric loading of the tibialis anterior muscle associated with heel strike
has also been implicated as a major determinant of the walk-to-run transition (Mal-
colm et al., 2009b; Segers et al., 2007b). When dorsiflexion and thus tibialis anterior
activity is resisted (via a powered exoskeleton) (Malcolm et al., 2009b) or the tibialis
anterior is fatigued (Segers et al., 2007b), walk-to-run transition speeds are lower.
Conversely when dorsiflexion and thus tibialis anterior motion is-aided, walk-to-run
transition speeds increased (Malcolm et al., 2009b).
The aforementioned two views (extensor hypothesis & flexor hypothesis) are not
necessarily mutually exclusive, and require further investigation in terms of kinet-
ics and muscle activations via both intra- and interlimb analysis. I will attempt to
reconcile these two hypotheses by proposing the underlying neuromuscular mecha-
nism ultimately responsible for the walk-to-run gait transition is due to a release of
contralateral inhibitory stance-phase extensor afferent feedback on ipsilateral flexor
muscle activations at high walking speeds.
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1.2 Unilateral, transtibial amputation provides a model for
able-bodied perturbation
Plantarflexors are the major source of propulsive force production during walking
(Anderson and Pandy, 2003; Kepple et al., 1997; Neptune et al., 2001; Neptune et al.,
2004; Silverman and Neptune, 2012; Zajac et al., 2002, 2003). Loss of the ankle-foot
complex (and thus effective plantarflexors) in transtibial amputees also perturbs step-
to-step transitions due to their lack of active ankle actuation and diminished capacity
to generate propulsive forces on the amputated side (Sanderson and Martin, 1996;
Silverman et al., 2008). During able-bodied gait, it is difficult to probe interlimb
coordination when the kinematic and kinetic patterns of each limb are practically
identical. Traumatic and congenital unilateral, transtibial amputation provides a
unique subject population to assess the intra- and interlimb effects of absent sensory
feedback and motor output from plantar- and dorsiflexors on the amputated side.
The use of transtibial amputees circumvents the challenges (such as adaptation peri-
ods, device customizations, and unanticipated compensations), of altering the system
dynamics in able-bodied subjects with novel perturbations e.g. limb constraint or an
altered environment such as split-belt treadmill walking.
It is well established that unilateral, transtibial amputees have significantly slower
preferred walking speeds than able-bodied controls (Gailey et al., 1994; Snyder et al.,
1995; Waters et al., 1976; Winter and Sienko, 1988). To our knowledge, their walk-to-
run transition speed has never before been identified. Unilateral, transtibial amputees
intact side peak anterior-posterior propulsive forces are not significantly different from
controls while walking at 1.2 and 1.6 m/s (Sanderson and Martin, 1996). Further-
more, during increasing walking speeds (0.6-1.5 m/s) muscle activations of unilateral,
transtibial amputees during swing phase flexors (tibialis anterior, rectus femoris, and
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biceps femoris long head) were never significantly different than controls. Since able-
bodied propulsive force production due to intrinsic force-length-velocity character-
istics of the plantarflexors, and conversely, swing related muscles activation during
walking have both been implicated as a determinants of the walk-to-run transition,
unilateral, transtibial amputees provide an excellent model to further investigate these
hypotheses.
1.3 The importance of afferent feedback to locomotion
Afferent feedback is important for the initiation and adaptation of locomotion. In
mesencephalic cats and birds, increasing descending drive by stimulating the mesen-
cephalic locomotor region (MLR) results in the initiation of gait (Shik et al., 1966;
Shik et al., 1969; Steeves et al., 1987). Increasing stimulation leads to walk to trot to
gallop and walking-to-flying (wing flapping) gait transitions, respectively. Although
fictive locomotion can be induced without afferent feedback and locomotor patterns
can still be recorded from ventral roots or motorneurons, that does not imply that
afferent feedback is not important for locomotion (Delcomyn, 1980; Grillner and
Zangger, 1984; MacKay-Lyons, 2002). In fact, MLR induced fictive locomotion can
be abolished by passive movements of the limbs (Orlovsky and Feldman, 1972). Nor-
mal locomotor activations are possible after deafferentation of the cat hindlimbs, but
they are very unstable (Grillner and Zangger, 1984). In humans, walking is possible
after the permanent loss of large afferent fibers, however it requires visual feedback
and is still severely impaired (wide base of support, decreased speed, decreased joint
range of motion) (Dietz et al., 2002; Lajoie et al., 1996). Furthermore, to our knowl-
edge, midbrain stimulation alone (without afferent feedback) has not resulted in a
gait transition. Locomotor initiation and adaptation of gait is seen in spinal cats
(complete transection of spinal cord), which are dependent on afferent feedback to
modulate locomotion(Eidelberg et al., 1980; Giuliani and Smith, 1987; Grillner and
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Zangger, 1979; Pearson and Rossignol, 1991).Ultimately, pattern generators are sen-
sitive to afferent feedback, as only a few degrees of limb movement are necessary to
entrain fictive locomotion in spinal cats (Andersson et al., 1978).
Afferent feedback affects amplitude of motor outputs within the limb. In humans,
quickly decreasing stance-phase plantarflexor load, decreases feedback from group II
muscle spindles and/or Ib afferents from Golgi tenson organs, and causes a subsequent
drop in soleus activation (Sinkjaer et al., 2000). Ia afferents from muscles spindles
also modulate activations throughout the gait cycle, but their effects are strongest in
stance phase (Mazzaro et al., 2005).
Afferent feedback modulates temporal characteristics of gait. In the cat hindlimb,
the semitendinosus muscle decelerates the knee extension in terminal swing to fa-
cilitate the ipsilateral transition from swing-to-stance. This is mediated by afferent
feedback, as it is absent after deafferentation of the hindlimbs (Grillner and Zangger,
1984). The stance-to-swing transition also has afferent-dependent behavior, in that
progression of the hindlimb from terminal stance to swing will not happen, regardless
of continued contralateral stepping, until a critical thigh extension angle is reached
on the ipsilateral side (most likely due to Ia length-dependent feedback) (Grillner and
Rossignol, 1978). Similar results were seen in human infants (Ortqvist et al., 1984).
The stance-to-swing progression only takes place if the ipsilateral limb is at the critical
position, and becomes sufficiently unloaded (during double support phase) thus, il-
lustrating the importance of afferent feedback (most likely due to Ib force-dependent
feedback) to maintain interlimb coordination as well (Duysens and Pearson, 1980;
Grillner and Rossignol, 1978).
Afferent feedback supports interlimb coordination during locomotion by modu-
lating motor output timing and amplitudes. Bilateral coordination of the limbs is
paramount to maintain dynamic stability during locomotion. During walking in hu-
mans displacements of the hip and knee during swing elicits a contralateral increases
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in muscle activations despite body weight support (Dietz and Harkema, 2004). In-
creased afferent feedback during contralateral stance has an inhibitory effect on ipsi-
lateral flexors. In walking neonatal rats, afferent feedback during contralateral stance
elicits a proportional decrease in ipsilateral feedback from the ipsilateral swinging limb
(Hayes et al., 2012; Hochman et al., 2013). This suggests that contralateral (donor)
extensor muscle afferents (most likely force-depenedent Ib afferents from Golgi ten-
don organs) ultimately inhibit the ipsilateral (recipient) flexor muscles. In pedaling
humans, an increase in the contralateral side extensor force elicits a decrease in mus-
cle amplitude and change in coordination pattern on the ipsilateral side (Ting et al.,
2000; Ting et al., 1998). An increase in contralateral force production from the knee
and hip during extension (downstroke) results in a decrease of ipsilateral flexor motor
output during the recovery phase (upstroke). This evidence leads us to believe that
extensor (most likely Ib force-dependent) afferents of the contralateral side inhibits
the flexor muscle activations of the ipsilateral side in humans.
Two leading and opposing views have emerged concerning the major determinant
of the walk-to-run transition: 1. Extensor hypothesis: propulsive force production by
the legs is limited by the force-velocity properties of ankle plantarflexors; 2. Flexor
hypothesis: a sensory threshold of perceived exertion is reached when flexor muscles
in the leg reach a critical level of activation. I propose the underlying neuromuscular
mechanism responsible for the gait transition is due to a release of ipsilateral inhibitory
force feedback from extensor muscles on contralateral flexor muscle activations at high
walking speeds (reconciling the two existing hypothesis).
1.4 Ischemic nerve block as a means of deafferentation
Acute deafferentation in humans can be achieved by anesthetic agents, vibration, and
ischemia. Pharmacologic nerve blocks (via anesthetic agents such as bupivacaine,
ropivacaine and lydocaine) are generally used clinically to manage pain after trauma
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or surgery (Black et al., 2013; Jeng et al., 2010; Kopka and Serpell, 2005). The
application can be logistically arduous, requiring a physician, ultrasound, and nerve
stimulator. Furthermore pharmacologic nerve blocks are extremely invasive and pose
the risk of axon damage or infection in subjects (Jeng et al., 2010). Another means
of deafferentation is high frequency tendon vibration. During high frequency tendon
vibration, proprioceptive signals from muscle spindles (Ia) are selectively activated,
distorting accurate position and velocity data, where as Type Ib and II afferences are
mostly insensitive to the vibration (Rolls, 1989; Cordo, 1995). This is also referred to
as the busy-line phenomenon, where the Ia fibers are overloaded due to the vibration,
and thus unable to respond to changes in muscle length (Hagbarth et al., 1973).
Although, high frequency vibration is a safe means of manipulating afferent feedback,
it does not allow for the manipulation of Ib afferent feedback. Since previous literature
regarding the inhibition of contralateral flexor muscle activations has implicated Type
Ib afferent feedback (Hochman et al., 2013; Ting et al., 2000), I employed ischemia
as a noninvasive means of deafferentation.
Ischemic nerve block (IB) has been shown to be a safe, reversible and reliable
means of deafferentation (Baron and Irving, 2002; Christensen et al., 2007; Schlee et
al., 2009; Voller et al., 2006). Standard methodology for employing an ischemic nerve
block with a blood pressure cuff is detailed in the literature (McNulty et al., 2002).
Inflating a blood pressure cuff to 210 mmHg to block the large diameter afferents as
has been achieved in previous studies with IB (Christensen et al., 2007; Laszlo, 1967;
Sinclair, 1948). Ischemic nerve block decreases feedback from large diameter afferents
before the smaller efferent motor neurons are substantially affected (Christensen et
al., 2007; Laszlo, 1967).
During IB of the hand and leg below the knee, muscles proximal to the IB (biceps
brachii and vastus medialus, respectively) gain a larger cortical representation and
increased motor evoked potentials (MEPs) during transcranial magnetic stimulation
13
(Brasil-Neto et al., 1993; McNulty et al., 2002). In muscles distal to the IB, MEPs are
significantly lower(Brasil-Neto et al., 1993). Specifically during below-knee IB, the
contralateral vastus medialus MEPs are consistent with the ipsilateral limb (increased
during IB), albeit at much lower amplitudes. Contralateral muscles distal to the
location of the ipsilateral IB showed no significant changes. As there was no increase
in H-reflex (H/M ratio) during IB in the proximal vastus medialus muscle on either
side, the increases in muscle activation during IB were not due to increases in alpha
motor neuron excitability. Rather the increases in motor output has been attributed
to increased cortio-spinal excitability. Interestingly in the arm, proximal to an IB,
flexor muscles but not extensor muscles have increased cortico-spinal excitability (as
seem in the amplitudes of motor evoked potentials)(Vallence et al., 2012).
The temporary sensory loss can be quantitatively verified by von Frey filament
tests, which assesses sensation as small plastic filaments are touched to the skin of
the ankle/feet (Schieppati, 1987). Aftereffects of ishchemic block include a temporary
increase in proximal muscle excitability (as measured via motor evoked potentials
during transcranial magnetic stimulation) (Brasil-Neto et al., 1992; Brasil-Neto et
al., 1993; McNulty et al., 2002) and decrease in Ia afferent excitability (as measured
via H-reflex after 5 minutes of ischemia) (Zakutansky et al., 2005). The lack of lower
extremity proximal muscle and contralateral side interference as noted in previous
studies, along with ease of application, noninvasive nature, and reliability, made IB
the most well suited means of unilateral deafferentation for my AIM 3 protocol.
1.5 Main objective & Aims
The main objective of this dissertation is to explore the underlying mechanism respon-
sible for the human walk-to-run transition. This objective was tacked by completing
three specific aims.
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1.5.1 Aim 1: To determine the preferred gait transition speeds of uni-
lateral, transtibial amputees, and the influence of kinetics on the
walk-to-run gait transition speed
In able-bodied subjects propulsive force production decreases above normal walk-
ing speeds due to high plantarflexor muscle fascicle shortening velocities. Utilizing
otherwise healthy subjects with a unilateral, transtibial amputation provides an ex-
perimental model with unilateral propulsive force and afferent feedback deficits. In
Aim 1, I will determine the gait transition speed in unilateral transtibial amputees
and investigate the influence of propulsive force production as a determinant of the
walk-to-run gait transition speed.
1.5.2 Aim 2: To quantify the muscle activation during walking and run-
ning gaits relative to the walk-to-run gait transition speed for uni-
lateral, transtibial amputees
In able-bodied subjects increased flexor activations (tibialis anterior, biceps femoris
longhead, and rectus femoris muscles) during swing/early stance have been implicated
individually as determinants of the walk-to-run transition. In Aim 2 I will determine
the influence increased flexor activations during swing/early stance on the walk-to-run
transition in unilateral, transtibial amputees.
1.5.3 Aim 3: To evaluate the effects of contralateral sensory loss on the
motor output of the ipsilateral leg
Limited plantarflexor force production during stance and increased flexor activations
during swing/early stance have been implicated individually as determinants of the
walk-to-run transition. Given the effects in pedaling of altered force production on
ipsilateral motor output,- Could the decrease of stance phase force production at high
walking speeds, cause the increase in swing/early stance phase flexor motor outputs?
As a first step to answer this question, in Aim 3 I will perform an assessment of
decreasing the afferent feedback at the ankle on the motor output of ipsilateral flexor
muscles via temporary reversible sensory block in able-bodied subjects.
15
CHAPTER II
AIM 1:LOWER GAIT TRANSITION SPEEDS IN
AMPUTEES ARE NOT LIMITED BY PROPULSIVE
FORCE PRODUCTION
*This chapter is currently under review for publication in the Journal of Biomechan-
ics.
2.1 Introduction
The walk-to-run gait transition has long been studied in humans, as a means to
better understand the biomechanics and neural control of locomotion. Many key
determinants, or factors that appear to drive the walk-to-run transition have been
identified over the years, including: metabolic energy minimization (Minetti et al.,
1994), kinetics factors (Raynor et al., 2002), critical flexor muscle activations during
the swing phase of gait (Hreljac et al., 2001; Malcolm et al., 2009b; Prilutsky and
Gregor, 2001; Segers et al., 2007), a critical angular velocity of the ankle to protect
dorsiflexors (Hreljac, 1995), and pendular dynamics of the center of mass (Kram et
al., 1997). Some have also proposed the idea of a conglomeration of these factors that
could contribute to the walk-to-run transition (Bartlett and Kram, 2008; Malcolm
et al., 2009a). More recently, work has pointed to plantar flexor force production as
a major determinant of the walk-to-run transition (Arnold et al., 2013; Farris and
Sawicki, 2012; Malcolm et al., 2009a; Neptune and Sasaki, 2005). Modeling of the
soleus, medial gastrocnemius, and lateral gastrocnemius, and in vivo measurement
of the medial gastrocnemius have demonstrated that as walking speed increases, so
do the plantar flexor fascicle shortening velocities. These increases in plantar flexor
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fascicle shortening velocities result in a decrease in muscle force production, which
then lead to decreases in propulsive force production by the legs. Furthermore, tran-
sitioning from a walk to a run at the preferred walk-to-run transition speed of ∼2.0
m/s greatly reduces fascicle shortening velocities in the plantar flexor muscles, and
in turn increases propulsive force production (Arnold et al., 2013; Farris and Sawicki,
2012; Neptune and Sasaki, 2005). During walking, the plantar flexor muscles are
the primary contributors to propulsive force production (Anderson and Pandy, 2003;
Neptune et al., 2004; Silverman and Neptune, 2012; Zajac et al., 2002, 2003). Due
to the plantar flexors intrinsic force-length-velocity characteristics, maximum propul-
sive force production of the anterior-posterior ground reaction forces during walking
increases until the walk-to-run transition where it peaks, and then decreases during
walking at speeds above transition speed (Neptune and Sasaki, 2005). As such, we
sought to investigate the gait transition speed in persons with a unilateral, transtib-
ial amputation, to test whether plantar flexor propulsive force production is a major
determinant in their walk-to-run transition.
The effective removal of plantar flexors in a unilateral, transtibial amputation in
conjunction with the use of a passive prosthesis (both passive-elastic and Solid-Ankle
Cushion Heel or SACH feet) results in a diminished capacity to generate propulsive
forces on the amputated side (Sanderson and Martin, 1997; Silverman et al., 2008).
Walking in unilateral, transtibial amputees (using passive-elastic Flex-foot prosthe-
ses) and control subjects at speeds of 1.2 m/s and 1.6 m/s has shown that amputated
side peak anterior-posterior propulsive forces are consistently and significantly lower
than those of both control subjects and the intact side walking at the same speed
(Sanderson and Martin, 1997). While the intact side peak anterior-posterior propul-
sive forces Sanderson and Martin reported were not statistically significant from con-
trols, to our knowledge this have never been investigated at walking speeds higher
than 1.6 m/s. Furthermore, the walk-to-run gait transition has not previously been
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characterized in unilateral, transtibial amputees. Understanding the gait transition
in an amputee population using passive devices could be helpful in the design of more
robust, powered prosthetic components (to include both walking and running) as well
as gait rehabilitation procedures. Previous work has shown that amputee subjects
using passive prostheses have slower preferred walking speeds than able-bodied con-
trols (Gailey et al., 1994; Snyder et al., 1995; Waters et al., 1976; Winter and Sienko,
1988). Unilateral, transtibial amputee subjects also have lower maximum sustainable
walking speeds than control subjects, with ranges of ∼1.5-1.6 m/s and ∼1.9-2.0 m/s,
respectively (Genin et al., 2008; Nolan et al., 2003). Consequently, otherwise healthy
unilateral, transtibial amputee subjects provides an excellent experimental model to
assess the effects of plantar flexor propulsive force production on the walk-to-run
transition speed.
The purpose of this work was to determine the gait transition speed of unilateral,
transtibial amputee subjects and assess intact side mechanical limits of the plantar
flexor muscles (as indicated by peak propulsive force production) is a major deter-
minant of the walk-to-run transition for amputee subjects. We hypothesized that
unilateral, transtibial amputees would transition between gaits at a lower absolute
speed than matched, able-bodied subjects serving as controls. We further hypothe-
sized that peak propulsive force production in amputee subjects intact side, would be
limited at walking speeds above the gait transition speed, thus supporting the idea
that force-length-velocity characteristics of the plantar flexors are a major determi-
nant in amputee subjects walk-to-run transitions. Alternatively, if amputees peak
propulsive force production continued to increase at speeds above the gait transition
speed, then the mechanical limits of the plantar flexor muscles are most likely not
a major determinant of the walk-to-run transition in unilateral, transtibial amputee
subjects. We employed an incremental speed protocol (Hreljac, 1993a, b; Kram et
al., 1997; Prilutsky and Gregor, 2001; Raynor et al., 2002) to define each individuals
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gait transition speed and assessed walking kinematics and kinetics at speeds 50-130%
of that transition speed on a custom, instrumented dual belt treadmill.
2.2 Materials & methods
2.2.1 Subjects
All subjects gave informed written consent prior to completing the Georgia Insti-
tute of Technology IRB approved protocol. Subjects included 10 healthy, unilateral,
transtibial amputee (AMP) subjects (5 males, 5 females; amputation: 3 elective due to
congenital deformity, 7 traumatic; mean age±SD: 26.7±4.5 years; mass: 67.4±14.6
kg; sound leg length: 91.5±5.6 cm) and 10 healthy, able-bodied matched control
(CON) subjects (5 males, 5 females; age: 29.6±6.9 years; mass: 67.2±10.0 kg; leg
length: 91.1±5.4cm). We took great care in matching each CON subject to one of
the AMP subjects for all listed characteristics. There were no significant differences
in age, weight, and leg length between the two groups; in addition, subjects were
also qualitatively matched on activity level, training type, and gender (Table 1). ).
All subjects were recreationally or competitively fit and participated in running for
exercise or training at least once per week. Persons that were pregnant, diabetic,
sedentary, or suffering from any cardiovascular or neurological pathologies, such as
peripheral neuropathy, were excluded from the study. All CON subjects were free
from musculoskeletal and neurological trauma. AMP subjects wore their own custom
made, well fitting, prosthesis and commercially available passive-elastic ankle-foot
component. AMP persons using SACH or powered ankle-foot devices were excluded
from participating in the study, as these prosthetic feet have been shown to alter
kinematics and kinetics (Herr and Grabowski, 2012; Torburn et al., 1990). Subjects
refrained from exercise on testing days. Each subject completed testing over two days







































































































































































































































































































































































































































































































































































































































































































































2.2.2.1 Day 1: Determine gait transition speed
Subjects habituated to walking and running on a single belt of a custom dual-belt
treadmill at self-selected speeds for 3 minutes with two-minute rest periods. The
procedure to determine each individuals gait transition speed (GTS) consisted of two
conditions: 1. incrementally increasing the treadmill speed; and, 2. incrementally
decreasing treadmill speed, similar to what has been previously described in the lit-
erature (Hreljac, 1993a, b; Kram et al., 1997; Prilutsky and Gregor, 2001; Raynor et
al., 2002). Subjects stood off of the treadmill belt while it was running. Once the belt
reached the appropriate speed, we instructed subjects to step onto the moving belt.
Subjects were given up to 30 seconds to both walk and run before verbally indicating
which gait they preferred. Subjects rested while the moving belts speed was either
increased or decreased by 0.1 m/s, and the task was then repeated at each 0.1 m/s
increment. During the increasing portion, CON subjects began at 1.3 m/s and AMP
at 1.0 m/s. The lowest speed where the subject preferred to run was recorded as
the transition speed. For the decreasing portion, starting speeds were 2.6 and 2.3
m/s for CON and AMP subjects respectively. The highest preferred walking speed
was recorded as the transition speed. The starting speeds were different to accom-
modate AMP subjects being uncomfortable attempting to walk above 2.3 m/s and
maintaining the range of speeds tested between the two groups. Subjects repeated
the procedure a total of three times with the first used as practice to familiarize them-
selves with the task. The second and third times completing the procedure resulted in
four recorded transition speeds. The presentation of increasing or decreasing speeds
was randomized for each subject. Each individuals GTS was calculated by averag-
ing the last four transition speeds together (two from incrementally increasing the
treadmill speed and two from incrementally decreasing treadmill speed).
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2.2.2.2 Day 2: Instrumented dual-belt collection
Subjects habituated to walking and running on the custom dual-belt treadmill at
self-selected speeds for three minutes with two-minute rest periods. Subjects walked
for 30-second trials at speeds 50, 60, 70, 80, 90, 100, 110, 120, and 130% of their
previously determined GTS (with 100% corresponding to each individuals GTS).
Presentation of speeds was randomized for each subject. Subjects rested by sitting
in a chair for at least two minutes between each trial.
2.2.3 Kinetic & kinematic analysis
We placed sixteen retroreflective markers on each subjects right and left second
metatarsophalangeal joint, lateral malleolus, heel, shank segment, lateral condyle,
thigh segment, anterior superior iliac spine, and posterior superior iliac spine. For
AMP subjects, amputated side (AMP-Amputated) markers on the prosthetic device
were placed to match those on the intact side (AMP-Intact) (Powers et al., 1998; Sil-
verman et al., 2008). Three-dimensional positions of the lower extremity marker data
were collected by a six-camera Vicon motion analysis system (120Hz, Oxford, UK).
A custom built, dual-belt treadmill instrumented with two commercial force plates
(1080 Hz, Advanced Mechanical Technology Incorporated, Watertown, MA, USA)
simultaneously measured ground reaction force data (Kram et al., 1998). We applied
a low-pass, zero-phase lag, fourth order Butterworth filter at 10 and 20 Hz to marker
and force data respectively. We used custom Matlab code to calculate mean sagittal
plane kinematics. Joint angles for the hip, knee, and ankle measured during a static
standing trial were defined as neutral. There were no significant differences in stand-
ing joint angles between the leg types (CON, AMP-Intact, and AMP-Amputated).
Peak ankle plantarflexion was defined as the peak plantarflexion angle after 50% of the
gait cycle. This was done to ensure the comparisons in plantarflexion angle between
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leg types were made during early swing. This distinction was made specifically be-
cause the AMP-Amputated side plantarflexion angle peaked for some subjects during
loading response. A vertical ground reaction force threshold of 32 N determined foot
contact events, as it was identified in our lab as the lowest threshold to yield reliable
and consistent event detection (Auyang et al., 2009; Selgrade and Chang, 2015; Yen
and Chang, 2010). All data were time normalized to heel strike for each respective
leg. CON data presented are from the right leg. The duty factor (stance time/ stride
time) for each subject-speed combination was calculated post-hoc to confirm that
walking was achieved, with walking defined as having a duty factor ≥0.5 (Gatesy and
Biewener, 1991). Every subject was able to walk at each speed tested.
2.2.4 Statistical analysis
Due to the matched design and extensive subject matching criteria, we employed
paired t-tests for between subject group (CON vs. AMP) assessments of gait tran-
sition speed and neutral joint angles. Significance was defined as p-value<0.05. To
assess how peak force data was affected by walking speed, separate one-factor (9
speeds: 50-130% GTS), repeated measure analysis of variances (ANOVA) were run
for each leg type (CON, Amp-Intact, or Amp-Amputated). When a significant main
effect was found, subsequent post-hoc analysis were conducted with significance de-
fined as a Bonferroni corrected p-value¡0.05. To assess the differences in peak flexion
and extension joint angles between leg type, separate one-factor (leg type: CON,
Amp-Intact, or Amp-Amputated) repeated measure ANOVAS were run for each of
the six kinematic variables at each speed (50-130% GTS). When significant main
effects of leg type were found subsequent post-hoc analysis was conducted with sig-
nificance defined as a Bonferroni corrected p-value<0.05.
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2.3 Results
2.3.1 Gait transition speeds
AMP subjects transitioned between gaits at 1.73 ± 0.13 m/s, which was significantly
lower than the CON subjects GTS of 2.09 ± 0.05 m/s (p<0.01) (Fig. 1). All AMP
subjects transitioned between gaits at lower speeds then their matched CON. There
was no significant hysteresis for CON subjects transition speeds, in that the transition
speeds determined by incrementally increasing and decreasing treadmill speeds were
not significantly different from one another (2.09 ± 0.10 and 2.08 ± 0.08 m/s respec-
tively). AMP subjects transition speeds from the incrementally increasing portion
















2.09 ± 0.05 1.73 ± 0.13
*
Figure 1: Unilateral, transtibial amputees (AMP) transition between gaits at signif-
icantly lower speeds than able-bodied controls (CON) (*p<0.01). Mean ± standard
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Figure 2: Representative vertical and anterior-posterior ground reaction forces during
walking plotted for each relative speed 50-130% GTS from a matched control (CON)
and unilateral, transtibial amputee (AMP) subject (lightest blue to darkest blue:
50-90% GTS; black: 100% GTS; lightest red to darkest red: 110-130% GTS).
incrementally decreasing portion (1.71 ± 0.13 m/s) (p<0.01). However, the average
difference of 0.04 m/s between AMP subjects transition speeds was approximately a
∼2% difference and below the 0.10 m/s resolution used for the incremental treadmill
change.
2.3.2 Ground reaction forces
Significant main effects were found for speed (50-130% GTS) in all force variables
except for AMP-Amputated peak vertical propulsive force production. Representative
subject data show CON subjects anterior-posterior peak propulsive force production
increased with speed until 100% GTS, and decreased at speeds above the GTS (Fig.
2). CON subjects peak anterior-posterior propulsive forces significantly increased,
when compared to the preceding speed at 60-80% GTS, and significantly decreased
at 120% GTS (110%: 0.27±0.04 > 120%: 0.23±0.05, p<0.05) (Fig. 3A, Table 2).
Peak anterior-posterior braking forces for CON subjects significantly increased with
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Table 2: Walking Propulsive & Braking Forces
% GTS CON AMP- Intact AMP- Amputated CON AMP- Intact AMP- Amputated
Propulsion 50 0.16 ± 0.02 0.13 ± 0.02 0.10 ± 0.02 1.05 ± 0.04 0.97 ± 0.04 0.97 ± 0.03
(Body Weight) 60 0.19 ± 0.01* 0.16 ± 0.02* 0.11 ± 0.02* 1.09 ± 0.05* 1.00 ± 0.06* 0.99 ± 0.05
70 0.23 ± 0.02* 0.18 ± 0.03* 0.13 ± 0.02* 1.16 ± 0.06* 1.04 ± 0.07* 1.01 ± 0.06
80 0.27 ± 0.02* 0.22 ± 0.03* 0.15 ± 0.02* 1.19 ± 0.07 1.10 ± 0.10* 1.02 ± 0.07
90 0.29 ± 0.02 0.25 ± 0.04* 0.17 ± 0.02* 1.21 ± 0.10 1.14 ± 0.12* 1.03 ± 0.09
100 0.31 ± 0.03 0.28 ± 0.04* 0.19 ± 0.03* 1.20 ± 0.15 1.17 ± 0.13 1.05 ± 0.12
110 0.27 ± 0.04 0.30 ± 0.04* 0.20 ± 0.05 1.12 ± 0.14 1.18 ± 0.14 1.05 ± 0.17
120 0.23 ± 0.05* 0.29 ± 0.05 0.21 ± 0.06 1.00 ± 0.18 1.14 ± 0.18 1.03 ± 0.24
130 0.21 ± 0.05 0.26 ± 0.07 0.18 ± 0.06 0.98 ± 0.18 1.06 ± 0.23 0.96 ± 0.25
Braking 50 -0.13 ± 0.02 -0.09 ± 0.03 -0.08 ± 0.02 1.04 ± 0.04 1.04 ± 0.04 1.04 ± 0.04
(Body Weight) 60 -0.17 ± 0.02* -0.12 ± 0.03* -0.09 ± 0.01* 1.12 ± 0.07* 1.06 ± 0.06 1.05 ± 0.05
70 -0.20 ± 0.02* -0.14 ± 0.03* -0.11 ± 0.02* 1.20 ± 0.08* 1.11 ± 0.08* 1.06 ± 0.07
80 -0.24 ± 0.01* -0.17 ± 0.03* -0.13 ± 0.02* 1.27 ± 0.08* 1.20 ± 0.08* 1.10 ± 0.09
90 -0.27 ± 0.02* -0.21 ± 0.05* -0.16 ± 0.03* 1.36 ± 0.11* 1.30 ± 0.09* 1.16 ± 0.11*
100 -0.31 ± 0.05* -0.24 ± 0.05* -0.18 ± 0.03* 1.49 ± 0.09* 1.41 ± 0.12* 1.24 ± 0.11*
110 -0.31 ± 0.06 -0.28 ± 0.06* -0.22 ± 0.04* 1.55 ± 0.11 1.50 ± 0.11* 1.37 ± 0.10*
120 -0.29 ± 0.09 -0.28 ± 0.06 -0.23 ± 0.06 1.63 ± 0.19 1.58 ± 0.17 1.49 ± 0.10*
130 -0.29 ± 0.09 -0.27 ± 0.09 -0.22 ± 0.08 1.63 ± 0.18 1.60 ± 0.19 1.58 ± 0.16
Anterior-Posterior Ground Reaction Forces Vertical Ground Reaction Forces
Table 2: Control (CON) and unilateral, transtibial amputee intact (AMP-Intact)
and amputated (AMP-Amputated) side peak anterior-posterior and vertical ground
reaction forces (during braking and propulsion (mean ± standard deviation) for walk-
ing at speeds 50-130% of the gait transition speed. Paired t-tests were performed to
assess whether or not each speed was significantly different from the preceding slower
speed (*p<0.05). Bold means significantly lower than preceding slower speed.
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speed from 60-100% GTS. Speeds above 100% GTS had no significant differences
when compared to the speed that preceded them (Fig. 3B, Table 2).
Peak anterior-posterior propulsive force production did not significantly decrease
during walking above 100% GTS in unilateral, transtibial amputees (Fig. 2 3A).
In AMP-Intact and AMP-Amputated sides, peak anterior-posterior forces during the
propulsive phase significantly increased with speed from 60-110% GTS and 60-100%
GTS respectively (Fig. 3A, Table 2). AMP-Intact peak anterior-posterior propulsive
force production during walking significantly increased at speed 110% GTS in com-
parison to 100% GTS (100%: 0.28 ± 0.04 < 110%: 0.30 ± 0.04, p<0.05) (Fig. 3A,
Table 2). Peak anterior-posterior braking forces significantly increased with walking
speed from 60-110% GTS for AMP-Intact and AMP-Amputated sides (p<0.05) (Fig.
3B, Table 2). Speeds above 110% GTS for AMP subjects intact and amputated sides
had no significant difference from the speed that immediately preceded them.
To assess how the peak propulsive forces changed over absolute speed rather than
relative to the GTS, we applied best fit quadratic polynomial curves to data from
CON (y = −0.16x2 + 0.63x + −0.33, r2 = 0.67), and AMP-Intact (y = −0.09x2 +
0.42x + −0.17, r2 = 0.71) (Fig. 3C). We found that changes in AMP-Intact peak
propulsive force production tracked with those of CON subjects. Similar results were
seen with the AMP-Amputated peak propulsive force production, however, always
lower in amplitude. AMP-Amputated peak propulsive force production ranged from
3.45±2.88% body weight (50% GTS) to 9.2±4.20% body weight (110% GTS) below
AMP-Intact side peak anterior-posterior propulsive force production.
2.3.3 Kinematics
There were no significant main effects of leg type (CON, Amp-Intact, or Amp-
Amputated) on joint angles during dorsiflexion or peak flexion or extension angles for
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Figure 3: (A) Mean peak anterior-posterior propulsive force ± standard deviation
with respect to relative speed (% GTS) for CON subjects (grey circles), AMP-
Intact side (black squares), and AMP-Amputated (white squares). (B) Mean peak
anterior-posterior braking force ± standard deviation with respect to % GTS for
CON subjects (grey circles), AMP-Intact side (black squares), and AMP-Amputated
(white squares). (C) Peak propulsive force with respect to absolute speed (m/s)
plotted as quadratic polynomial curves to with the 95% confidence interval of
the data for each group; CON (grey line, white 95% confidence interval) (y =
−0.16x2 + 0.63x + −0.33, r2 = 0.67), AMP-Intact (black line, grey 95% confidence
interval) (y = −0.09x2 + 0.42x + −0.17, r2 = 0.71). (D) Peak braking force with
respect to absolute speed (m/s) plotted as quadratic polynomial curves to with the
95% confidence interval of the data for each group; CON (grey line, white 95% con-
fidence interval) (y = −0.08x2 + 0.40x + −0.21, r2 = 0.61), AMP-Intact (black line,
grey 95% confidence interval) (y = −0.01x2 + 0.20x+−0.08, r2 = 0.76).
were found at every speed for peak ankle plantarflexion. Post-hoc analysis revealed














































































































































































































GTS) when comparing CON or AMP-Intact to AMP-Amputated (p< 0.05). Post-hoc
analysis also showed there was no significant difference between CON and AMP-Intact
side peak plantarflexion angle at any speed. No significant differences between CON
and AMP-Intact were found for peak flexion or extension angle at the ankle, knee,
or hip at any speed. Thus, verifying Amp-Intact kinematics are similar to those of
CON subjects (Fig. 4). Maucheys test of sphericity was satisfied for comparisons of
ankle plantarflexion and dorsiflexion and knee flexion and extension. Maucheys test
of sphericity was violated for hip flexion at speeds of 60-110% GTS and hip extension
at 120% GTS, therefore degrees of freedom were corrected using Greenhouse-Geisser
estimates of sphericity. Regardless, we found no main effects of leg type on peak hip
flexion or extension.
Table 3: Peak Kinematics
50 60 70 80 90 100 110 120 130
CON -20.0 ± 6.3 -22.3 ± 5.7 -23.1 ± 5.1 -23.5 ± 5.5 -24.3 ± 5.2 -24.1 ± 4.8 -23.0 ± 5.4 -23.2 ± 5.8 -22.4 ± 5.9
AMP-Intact -15.4 ±6.1 -16.9 ± 5.8 -17.7 ± 5.5 -18.9 ± 5.8 -19.6 ± 6.0 -20.6 ± 6.0 -20.6 ± 6.0 -20.5 ± 6.5 -19.6 ± 7.0
AMP-Amputated -3.5 ± 2.4*† -4.0 ± 2.9*† -4.0 ± 2.9*† -4.3 ± 2.9*† -4.3 ± 2.9*† -4.5 ± 2.7*† -4.4 ± 2.7*† -5.1 ± 3.2*† -4.5 ±2.5*†
CON 9.3 ± 3.5 9.4 ± 3.1 9.6 ± 2.8 8.8 ± 3.9 8.8 ± 4.0 9.0 ± 4.2 10.2 ± 4.4 11.9 ± 5.9 13.3 ± 6.4
AMP-Intact 8.5 ± 4.4 8.5 ± 5.1 8.1 ± 5.1 8.1 ± 4.9 7.6 ± 5.3 7.3 ± 5.1 7.3 ± 5.4 7.8 ± 5.8 10.4 ± 5.6
AMP-Amputated 6.8 ± 2.4 7.1 ± 2.9 7.4 ± 3.0 7.9 ± 3.2 8.4 ± 3.5 8.7 ± 3.5 9.2 ± 3.8 8.9 ± 3.9 8.4 ± 4.1
CON 63.4 ± 5.9 64.4 ± 5.7 64.6 ± 5.0 63.8 ± 4.8 64.1 ± 4.7 63.8 ± 5.3 65.8 ± 4.7 68.5 ± 5.0 71.4 ± 5.9
AMP-Intact 59.3 ± 7.2 61.6 ± 7.0 61.9 ± 6.5 62.3 ± 6.4 62.6 ± 6.4 62.8 ± 6.2 63.9 ± 6.3 65.4 ± 6.5 67.1 ± 7.2
AMP-Amputated 63.0 ± 11.0 64.6 ± 11.9 67.7 ± 11.2 69.2 ± 11.9 71.0 ± 11.9 72.9 ± 11.9 74.5 ± 12.2 77.1 ± 13.4 80.7 ± 14.1
CON 0.6 ± 5.7 0.5 ± 5.4 0.5 ± 5.4 0.9 ± 5.2 1.1 ± 5.3 1.1 ± 5.8 1.6 ± 5.7 3.0 ± 6.2 4.6 ± 7.0
AMP-Intact 2.5 ± 4.0 2.4 ± 3.4 1.4 ± 3.7 0.9 ± 3.5 -0.1 ± 3.1 -0.1 ± 3.5 -0.8 ± 3.7 -0.9 ± 3.6 2.8 ± 5.7
AMP-Amputated 10.9 ± 13.0 9.2 ± 13.5 8.7 ± 12.8 7.9 ± 12.6 6.8 ± 12.4 7.1 ± 12.2 6.6 ± 12.5 6.6 ± 12.8 10.4 ± 15.6
CON 27.7 ± 3.9 29.9 ± 3.5 31.0 ± 4.1 33.7 ± 4.4 35.9  ± 4.0 38.7 ± 3.2 40.9 ± 2.5 42.4 ± 3.6 42.8 ± 3.8
AMP-Intact 25.5 ± 6.9 27.1 ± 7.3 29.1 ± 7.7 30.9 ± 8.1 34.1 ± 9.0 37.5 ± 9.0 39.8 ± 9.6 42.4 ± 9.0 43.9 ± 9.4
AMP-Amputated 27.1 ± 3.6 27.5 ± 3.9 29.1 ± 4.0 30.7 ± 4.0 32.6 ± 4.0 35.7 ± 5.0 37.8 ± 5.5 41.0 ± 5.8 44.3 ± 7.2
CON -12.1 ± 4.2 -14.0 ± 3.9 -16.6 ± 3.6 -17.5 ± 3.2 -18.8 ± 3.9 -19.7 ± 4.1 -18.1 ± 2.4 -15.5 ± 3.2 -15.0 ± 3.0
AMP-Intact -10.9 ± 6.7 -11.6 ± 6.0 -13.9 ± 6.0 -16.2 ± 6.4 -17.6 ± 6.7 -17.8 ± 7.3 -18.8 ± 8.0 -18.1 ± 8.1 -14.9 ± 10.5
AMP-Amputated -9.6 ± 4.1 -11.6 ± 4.9 -12.7 ± 4.9 -14.4 ± 5.0 -15.1 ± 5.5 -14.7 ± 5.5 -15.2 ± 6.3 -14.2 ± 6.8 -11.8 ± 8.9
Hip Extension








Table 3: Peak kinematic joint angles in degrees (mean ± standard deviation) for
CON, AMP-Intact, and AMP-Amputated. Significance presented from Bonferroni
post-hoc testing when significant main effects were present after one-way repeated
measures ANOVA. * Significantly different from CON; † Significantly different from
AMP-Intact (p<0.05, Bonferroni corrected).
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2.4 Discussion
This study aimed to determine the GTS of AMP subjects and assess whether in-
tact side propulsive force production (indicative of intrinsic mechanical limits of the
plantar flexor muscles) is a major determinant of their walk-to-run gait transition.
Consistent with our first hypothesis, AMP subjects transition between gaits at a sig-
nificantly slower absolute speed than CON subjects (1.73±0.13 m/s and 2.09±0.05
m/s respectively). The CON subjects gait transition speeds were consistent with
previous work that has defined able-bodied gait transition speeds ranging from 1.89
and 2.16 m/s (Diedrich and Warren, 1995, 1998; Hreljac, 1993a, 1995; Hreljac et al.,
2001; Hreljac et al., 2008; Kram et al., 1997; Li and Ogden, 2012; Mercier et al., 1994;
Prilutsky and Gregor, 2001; Raynor et al., 2002; Segers et al., 2006; Sentija et al.,
2012; Thorstensson and Roberthson, 1987; Turvey et al., 1999; Van Caekenberghe
et al., 2010). Although the gait transition speeds were determined using different
ranges of speeds for CON and AMP subjects (CON: 1.3-2.6 m/s; AMP: 1.0-2.3 m/s),
we believe this had no bearing on the difference found between the two groups. This
is supported by the fact that Prilutsky and Gregor previously reported an able-bodied
GTS of 2.1±0.2 m/s, which is consistent with our findings of 2.09±0.05 m/s, even
though they utilized a different range of speeds to determine that GTS (1.4-3.0 m/s)
(2001). The higher variability in AMP subject gait transition speeds were not surpris-
ing given the nature of pathologic gait. AMP subjects using passive-elastic prostheses
also have increased variability in preferred walking speeds (Houdijk et al., 2009). Fur-
thermore, despite the hysteresis between the AMP subjects increasing and decreasing
gait transition speeds, we were confident that collecting data relative to the averaged
GTS (1.73±0.13 m/s), which is only ±0.02 m/s from the average transition speeds
achieved during the increasing and decreasing protocols, would allow for a more ver-
satile dataset to make walk-to-run and run-to-walk comparisons in the future without
affecting our main conclusions.
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Although the ankle-foot componentry worn by the AMP subjects was not stan-
dardized, allowing subjects to wear their own passive-elastic ankle-foot components
have yielded meaningful and consistent results of both muscle activations and walking
mechanics within previous studies (Adamczyk and Kuo, 2014; Fey et al., 2010; Silver-
man et al., 2008). Providing a standardized ankle-foot component would require an
adaptation period to the novel components and potentially affect the subjects level
of comfort with the protocol. Given the consistent decrease in GTS across all AMP
subjects with respect to their matched CON, and similar variability in AMP-subject
outcome measures compared to CON, we are confident that our inclusion criterion
of testing only AMP subjects with passive-elastic ankle-foot components was suffi-
cient to maintain the group homogeneity. Minimal differences in kinematics between
CON subjects and the AMP-Intact side verified amputee subjects were not using a
different walking strategy. This difference in ankle kinematics compared to the AMP-
Amputated side was not surprising due to the prosthetic foot-ankle complex lacking
actuation.
Contrary to our second hypothesis, AMP subjects were able to continue generat-
ing higher peak propulsive forces on both their intact and amputated sides at speeds
beyond their preferred GTS. Results from CON subjects exhibiting limited peak
propulsive force production above GTS were consistent with previous work (Neptune
and Sasaki, 2005). The limited propulsive force production at higher than normal
walking speeds found in CON subjects, supports previous findings implicating the
plantar flexors and their unique force-length-velocity characteristics as a major deter-
minant of the walk-to-run gait transition in able-bodied subjects (Arnold et al., 2013;
Farris and Sawicki, 2012; Malcolm et al., 2009a; Neptune and Sasaki, 2005). Con-
versely, the AMP subjects abilities to increase propulsive force production at walking
speeds above their preferred GTS suggest the force-length-velocity characteristics
of the plantar flexors are not a major determinant of the walk-to-run transition in
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unilateral, transtibial, amputees. In assessing the effects of absolute speed changes
on propulsive force production, we observed the polynomial fits of CON and AMP-
Intact anterior-posterior propulsive forces tracked together. Additionally, the 95%
confidence intervals of the data almost completely overlay one another. Since AMP
subjects had significantly lower GTS, these findings support that propulsive force
production is a function of changes in absolute speed rather than relative to the pre-
ferred walk-to-run transition speed. Thus, there must be another variable or variables
primarily responsible for the gait transition in the AMP population.
These findings do not rule out previous explanations for the determination of
the GTS that feature a conglomeration of determinants (Bartlett and Kram, 2008;
Malcolm et al., 2009b). Bartlett and Kram found that selectively perturbing the
demand on dorsiflexors, plantarflexors, and hip flexors resulted in altered walk-to-
run transition speeds, however perturbing multiple muscle groups at once did not
produce a summative effect (2008). They introduced the theoretical framework that
a critical threshold of influence must be met in order for the walk-to-run transition to
occur, in which an ultimate, underlying trigger can be influenced by various muscle
groups, whose impact can change with walking conditions (e.g. incline walking). The
weakest link concept, introduced by Malcolm et al., is another theoretical framework
supporting the idea that there are multiple determinants or factors affecting the
walk-to-run transition speed, and whichever one is stressed to a critical point first,
ultimately determines the speed of the transition (2009). Most likely the impaired
nature of AMP subject walking amplifies another determinant of the walk-to-run
gait transition to a level in which it becomes the limiting factor. However, there is
also the possibility that the same determinant of the walk-to-run gait transition is
responsible for the CON and AMP subject transitions, and the plantar flexor force-
length-velocity characteristics associated with the gait transition in CON subjects
is correlative rather than causal. As we did not directly measure muscle fascicle
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force, fascicle shortening velocity, or fascicle length changes, future investigation of
AMP subject gait transitions would benefit from using ultrasound to directly measure
AMP-Intact plantar flexor force-length-velocity characteristics.
To our knowledge, this is the first investigation of gait transitions in persons with
a lower limb amputation. Identifying the average walk-to-run and run-to-walk tran-
sition speeds in otherwise healthy unilateral, transtibial amputees, provides unique
foundational information for future studies. Potential applications of this research
include expanding the use of a single powered prosthetic device for both walking
and running. Presently, prosthesis design is migrating toward powered biomimetic
components, which have been shown to decrease oxygen consumption as compared
to passive-elastic prosthesis during walking (Herr and Grabowski, 2012). However,
these powered prosthetic foot-ankle components only allow for walking, which is not
surprising since the gait transition has long been a challenge in the field of legged
robotics (Aoi et al., 2012). Characterizing the gait transition speed in amputees and
identifying key variables underlying the transition, provides important foundational
data for both the control and gait versatility of future powered prosthetic foot-ankle
devices, powered exoskeletons, and legged robots.
In conclusion, since unilateral, transtibial amputees transition between gaits at a
lower speed than able-bodied controls and are still able to generate higher propulsive
forces walking at speeds above their preferred gait transition speed, their walk-to-run
transition is not likely dictated by the force-length-velocity characteristics of the in-
tact plantar flexor muscles. This suggests that, as an experimental model, unilateral,
transtibial amputees can provide unique insights for decoupling the previously iden-
tified performance limit of plantar flexor muscles from the preferred gait transition
speed in order to probe other potential determinants.
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CHAPTER III
AIM 2: TIBIALIS ANTERIOR IS THE MAIN FLEXOR
MUSCLE ASSOCIATED WITH THE WALK-TO-RUN
TRANSITION IN UNILATERAL, TRANSTIBIAL
AMPUTEES
*This chapter is currently in preparation for submission to the Journal of Experimen-
tal Biology
3.1 Introduction
An important facet of understanding human locomotion is the control of the transition
between gaits. Consequentially, the walk-to-run transition has been an active topic
of debate and investigation for the better part of the past century (Margaria, 1938).
Global variables such as metabolic energy minimization (Minetti et al., 1994) and
pendular dynamics (Hubel and Usherwood, 2013; Kram et al., 1997), have been
identified as factors that ultimately determine the optimal walk-to-run gait transition
speed. It is suggested that the nervous system via sensory feedback, however, plays
a more immediate role in the online step by step determination of the walk-to-run
transition speed (Harischandra et al., 2011; MacLeod et al., 2014; Thorstensson and
Roberthson, 1987).
These sensory afferent signals can provide rapid feedback on a variety of biome-
chanical parameters that have been identified as potential determinants or triggers of
the walk-to-run transition, which include: force-length-velocity limits of plantarflexor
muscles in propulsive force production (Arnold et al., 2013; Farris and Sawicki, 2012a;
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Lai et al., 2015; Malcolm et al., 2009a; Neptune and Sasaki, 2005); minimizing swing-
phase ankle and stance phase hip joint loads (Farris and Sawicki, 2012b; Pires et
al., 2014); an increased sense of exertion specifically from the tibialis anterior muscle
activation associated with heel strike (Malcolm et al., 2009b; Segers et al., 2007b);
and the increased activation and stress of swing-related flexor muscles (tibialis an-
terior, rectus femoris and biceps femoris long head) (Hreljac, 1995; Hreljac et al.,
2001; MacLeod et al., 2014; Prilutsky and Gregor, 2001). With all of these variables
exhibiting correlations with the walk-to run transition speed, it has been difficult
to identify which among these are most strongly associated with the transition and
may play more of a causative role in determining the gait transition. Furthermore
experiments perturbing able-bodied locomotion to probe these variables via selec-
tive muscle fatigue (Segers et al., 2007b), assisting and resisting movements (Bartlett
and Kram, 2008; Malcolm et al., 2009a; Malcolm et al., 2009b), changes in incline
(Minetti et al., 1994) or acceleration (Li, 2000; Segers et al., 2007a; Thorstensson
and Roberthson, 1987; Van Caekenberghe et al., 2010) have yielded significant but
relatively small changes in the walk-to-run transition speed (∼0.10 m/s). This has
made it difficult to selectively decouple the previously identified variables from the
walk-to-run transition speed to assess their potential contributions to the change in
gait.
In able-bodied subjects, limits in propulsive force production during walking due
to muscle fascicle shortening dynamics, appear to coincide with the walk-to-run tran-
sition speed; however, this is not the case in unilateral, transtibial amputee subjects
(Aim 1). The ability of plantarflexor muscles to generate propulsive force as a deter-
minant of the able-bodied walk-to-run transition is supported by the observation that
force-length-velocity dynamics of these muscles limit propulsive force production at
walking speeds greater than the preferred walk-to-run transition speed (Neptune and
Sasaki, 2005). Transitioning from a walk to a run at the preferred transition speed
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greatly reduces fascicle-shortening velocities in the plantarflexor muscles, resulting
in increased propulsive force production (Farris Sawicki, 2012; Arnold, 2013). Our
recent investigations of walk-to-run transitions in unilateral, transtibial amputees re-
vealed that amputee subjects transition between gaits at a preferred speed on average
0.36 m/s lower than their matched, able-bodied controls (1.73 ± 0.13 and 2.09 ± 0.05
m/s respectively) (Aim 1). This lower transition speed occurs despite the fact that
amputee subjects are able to continue generating higher propulsive forces at speeds
beyond their preferred gait transition speed. This suggests any limit of the intact-
side plantarflexor muscles force production is a function of absolute walking speed
rather than indicative of the walk-to-run transition speed. Thus, studying unilateral,
transtibial amputees provides a unique opportunity to decouple propulsive force pro-
duction from the walk-to-run transition to further probe the contributions of muscle
activations on the transition speed.
The criterion we used for determining if a variable was a determinant of the walk-
to-run transition speed was similar to the previously described undesirable variable
by Prilutsky and Gregor (2001). That is, we sought to test whether a hypothesized
undesirable variable became significantly larger at or near the gait transition speed
(i.e. 90, 100, or 110% GTS) compared to when running at the same speed, and
maintained this significant different between gaits at each subsequent speed (i.e. up
to 130% GTS). Thus identifying a ’critical divergent point’ prior to the gait transition
where walking activations become larger than running activations. If this critical
divergent point for an undesirable variable coincided with the preferred walk-to-run
transition speed, it would support the idea that one function of the gait transition is
to reduce this undesirable variable (Hreljac, 1993a, 1995; MacLeod et al., 2014; Pires
et al., 2014; Prilutsky and Gregor, 2001). If walking activations visually became
higher than running activations, but significant differences were not found at 90, 100,
or 110% GTS and maintained to 130% GTS, the point at which walking activations
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visually become higher than running were termed non-critical divergent points.
The goal of this work was to examine whether muscle activations are a function
of changes in absolute walking speed or a major determinant of the walk-to-run gait
transition speed in unilateral, transtibial amputees. We hypothesized that the lower
gait transition speed in unilateral, transtibial amputees, would coincide with the
critical divergent point where 1) swing- phase tibialis anterior, rectus femoris, and
biceps femoris long head muscles and 2) stance phase tibialis anterior muscles would
show much greater activation during walking as compared to running at the same
speeds. To test these hypotheses we studied unilateral, transtibial amputees and
their matched, able-bodied controls while walking and running at speeds of 50-130%
of each subjects individual gait transition speed on a custom, instrumented dual belt
treadmill. Ground reactions forces, marker location, and electromyographic (EMG)
data were simultaneously recorded.
3.2 Materials & methods
3.2.1 Subjects
Ten unilateral, transtibial amputee (AMP) subjects (5 males, 5 females; age: 26.7 ±
4.5 years; mass: 67.4 ± 14.6 kg; intact leg length: 91.50 ± 5.58 cm) and ten, matched,
able-bodied control (CON) subjects (5 males, 5 females; age: 29.6 ± 6.9 years; mass:
67.2 ± 10.0 kg; leg length: 91.08 ± 5.41cm) gave written informed consent to par-
ticipate in the Georgia Institute of Technology IRB approved protocol. The subjects
discussed in Aim 2 are the same subjects used in the Aim 1 investigation. Each CON
subject was rigorously selected to best match the sex, age, weight, leg length, activity
level, and training type of each corresponding AMP subject. There was no significant
difference in age, weight, and leg length between the two groups (Table 1, Aim 1). All
CON subjects were free of previous musculoskeletal trauma. Both CON and AMP
persons were excluded from participating in the study if they were pregnant, diabetic,
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sedentary, or suffering from a cardiovascular or neurological pathology. AMP persons
were excluded from participating in the study if their prosthesis included a Solid-
Ankle Cushion Heel (SACH) or powered ankle foot. Seven of the amputations were
due to trauma while three were elective amputations due to congenital deformity. All
AMP subjects wore their own custom made, well fitting, prosthesis, which were all
categorized as typical passive elastic energy storage and return commercial devices.
3.2.2 Experimental protocol
The locomotion protocol was completed over two days no more than one week apart,
with subjects refraining from exercise before testing. On each day, subjects habituated
to walking and running on the treadmill at self-selected speeds for three minutes
with two-minute rest periods. Day 1 collection consisted of an incremental speed
protocol completed on a single treadmill belt to determine each subjects individual
gait transition speed. Subjects were asked to both walk and run at speeds of 1.3-2.6
m/s for CON subjects and 1.0-2.3 m/s for AMP subjects. After a maximum of 30
seconds at each speed, subjects verbally indicated whether they preferred to walk
or run. The incremental protocol consisted of two parts: (i) increasing speeds by
0.1 m/s (walk-to-run); and, (ii) decreasing speeds by 0.1 m/s (run-to-walk). The
transition speeds were defined as the lowest preferred running speeds and highest
preferred walking speeds, for the increasing and decreasing portions respectively. The
first iteration of this procedure, both increasing and decreasing speeds, was used
as practice. It was completed twice more with the presentation of speed direction
randomized, resulting in four transition speeds (two walk-to-run, two run-to-walk).
These four transition speeds were averaged to determine the overall gait transition
speed (GTS). A more detailed account of the protocol can be found in Aim 1 and is
similar to those used in previous gait transition investigations (Hreljac, 1993b; Kram
et al., 1997; Prilutsky and Gregor, 2001).
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On day 2 each subject completed a total of 18 randomized conditions: 2 gaits
x 9 speeds. Subjects were instructed to walk and run on a custom, instrumented,
dual-belt treadmill at speeds 50, 60, 70, 80, 90, 100, 110, 120, and 130% of their
previously determined GTS (100% to each individuals GTS). Data were collected
for 30-seconds at each gait-speed combination. Subjects rested a minimum of two
minutes between each condition. Simultaneous acquisition of all marker, ground
reaction force, and electromyographic data was all accomplished with Vicon Motion
Analaysis Software (Workstation 5.2.4). Data analysis was completed using custom
Matlab code (Mathworks, 2013b).
3.2.3 Kinematics and kinetic recording & analysis
Sixteen retroreflective markers were placed bilaterally on each subjects second metatar-
sophalangeal joint, lateral malleolus, heel, shank segment, lateral condyle, thigh seg-
ment, anterior superior iliac spine, and posterior superior iliac spine. For AMP sub-
jects, marker placement on the prosthetic limb was matched to the intact side. We
applied a low-pass, zero-phase lag, fourth order Butterworth filter at 10 Hz to marker
data. Three-dimensional lower extremity marker data were collected by a six-camera
Vicon motion analysis system (120Hz, Oxford, UK).
Mechanically isolated force plates embedded beneath each treadmill collected bi-
lateral ground reaction force (GRF) data (1080 Hz, Advanced Mechanical Technol-
ogy Incorporated, Watertown, MA, USA (see (Kram et al., 1998). A vertical ground
reaction force threshold of 32 newtons was used to define foot contact events. A
20 Hz low-pass, zero-phase lag, fourth order Butterworth filter was applied to all
GRF data. We calculated sagittal plane joint moments for CON subjects and AMP
subjects using inverse dynamics and segment inertial characteristics (Winter, 2005).
Body weight normalized means of 10 steps for each leg of interest (CON, AMP-Intact,
AMP-Amputated) during each condition (gait x speed combination) were analyzed.
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3.2.4 Electromyographic recording & analysis
Surface electromyographic data (EMG) (1080Hz, Noraxon 16-channel) were collected
from tibialis anterior (TA), soleus (SO), medial gastrocnemius (MG), vastus medialis
(VM), rectus femoris (RF), and biceps femoris long head (BF). All muscles were
collected bilaterally on CON subjects. AMP subject residual TA, SO, and MG were
not collected on the amputated side due to occlusion by the prosthetic socket. Data
were bandpassed 20-450Hz, demeaned, rectified, and 10 Hz lowpass filtered. A 40 ms
shift in the EMG data was applied to account for electromechanical delay to align
the activation data with the mechanical action of the muscles (Caldwell and Li, 2000;
Prilutsky and Gregor, 2001; Prilutsky et al., 1998). For each condition (gait x speed
combination), data from 10 steps were normalized to the 130% walking trial peak for
each subject (Burden, 2010; Shiavi et al., 1998).
3.2.5 Amputated side mass analysis
In order to assess potential discrepancies between amputee intact leg and amputated
leg mass, prosthetic limb weights as well as body composition data and was obtained
for 7 of the 10 amputee subjects (Table 4). The subset of amputees received dual-
energy x-ray absorptiometry (DEXA) scans without their prosthetic limbs using a
Lunar Prodigy whole body scanner and software (GE Medical Systems, Madison, WI).
Most amputee subjects were scanned the same week they completed the locomotion
protocol (five of the seven amputee subjects), while one subjects scan was three
months post, and two amputee subjects scans were within three years. Using Lunar
Prodigy software, for each subject, virtual transections were made at the femoral neck
on each limb in order to calculate the overall mass of the intact side and amputated
sides separately. All subjects wore their own, standard running shoes.
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Table 4: Amputated & intact side leg masses
Masses (kg) 
Amputated Side Intact Side Amputated Side- Intact Side 
AMP Subject # Residual Limb Prosthetic Limb  Total     
1 8.93 3.23 12.16 11.31 0.85 
2 6.63 1.14 7.77 10.29 -2.52 
3 5.32 2.32 7.64 8.13 -0.49 
5 7.22 2.09 9.31 10.84 -1.53 
7 10.55 3.16 13.71 13.41 0.30 
8 7.08 3.41 10.49 10.05 0.44 
9 7.96 2.45 10.41 10.13 0.28 
Subtotal 7.67 ± 1.69 2.54 ± 0.80 10.21 ± 2.22 10.59 ± 1.59 -0.38 ± 1.22 
3.2.6 Statistical analysis
Due to the matched design and extensive subject matching criteria, we employed a
within-subject statistical design to perform paired t-tests for between subject group
comparisons (CON vs. AMP). To assess relative speed differences in moments and
muscle activations between gait type (walk vs. run), we ran separate two-way repeated
measures analysis of variance (2 gaits x 9 speeds), for each leg type (CON, Amp-Intact,
vs. Amp-Amputated) to test for significant gait-speed interactions. If Maucheys
test of sphericity was violated degrees of freedom were corrected using Greenhouse-
Geisser estimates of sphericity. When a significant interaction effect of gait and
speed was found, post-hoc, Bonferroni-corrected, pairwise comparisons for each gait-
speed combination were employed for a simple main effects analysis. Significance was
defined as a Bonferroni adjusted alpha level of 0.05 (p-value < 0.0056). To assess
absolute speed changes in moments and muscle activations between gait type (walk
vs. run), quadratic polynomials were fit to the data and 95% confidence intervals of
the scatter were denoted.
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3.3 Results
3.3.1 Gait transition speed
As we have previously published, the gait transition speed of AMP subjects (n=10)
was significantly lower than that of matched CON subjects (n=10) (1.73 ± 0.13 m/s
and 2.09 ± 0.05 m/s respectively, p<0.01) (Aim 1). The subset of AMP subjects
(n=7) that underwent additional body composition analysis also had significantly
lower gait transition speeds then their respective matched controls (n=7) (1.77 ±
0.14 m/s and 2.06 ± 0.05 m/s respectively, p<0.01).
3.3.2 Muscle activations: Swing phase at relative speeds
Muscle activation envelops for walking (solid) and running (dashed) were similar
between CON and AMP subjects (Fig. 5). Normalized amplitudes per respective
relative speeds and gaits were similar between CON and AMP-Intact side muscles,
however AMP-Amputated side activation amplitudes were generally slightly lower.
Mean AMP-Amputated side biceps femoris long head activation at 120% GTS (Fig.
5, light pink) had a notably different envelope than other relative speeds. This was
due to early swing-phase bursting in one subject. There were significant gait-speed
interactions (within subject groups) for every muscle during stance and swing phase,
except stance phase biceps femoris long head and vastus medialis.
Mean swing phase activations with respect to relative speed changes between
walking and running for tibialis anterior were consistent between CON and AMP
subjects (Fig. 6A). Tibialis anterior walking activations became significantly larger
than running activations at 110% GTS for both subject groups, and the critical di-
vergent points for each were prior to the GTS. Although swing-phase rectus femoris
and biceps long head activations showed a similar crossing of walking and running
data, a critical divergent point was only identified in CON subjects. Tibialis anterior

































































































Figure 5: Mean electromyographic (EMG) traces during walking (solid lines) and
running (dashed lines) at relative speeds 50-130% of the gait transition speed. All
data was normalized to peak activation during walking at 130% GTS, and traces
represent the mean across 10 steps for 10 subjects in each of the respective groups:
CON (right leg data), AMP-Intact, and AMP- Amputated. 50-90% GTS: lightest
blue to darkest blue; 100% GTS: black; 110-130% GTS: lightest red to darkest red.
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higher than running activations at 110-130% GTS for both CON and AMP-Intact.
In contrast, the relative speeds in which swing phase rectus femoris muscle activa-
tions were significantly higher for walking than running were not consistent between
CON and AMP subjects (CON at 100-130% GTS, AMP-Intact at 110 & 120% GTS,
and AMP-Amputated at 130% GTS). Furthermore, rectus femoris activations were
significantly lower than running activations for AMP-Intact at 50-70% GTS, and
AMP-Amputated at 50-80% GTS, but never for CON subjects. Significantly lower
swing phase walking activations for biceps femoris long head were also seemingly
staggered between subject groups (CON at 50 & 60% GTS, AMP-Intact at 50-80%
GTS, and AMP-Amputated at 50-100% GTS), while activations during walking were
significantly higher than running only for CON at 120 & 130% GTS.
Only non-critical divergent points were identified for swing-phase soleus, medial
gastrocnemius, or vastus lateralis muscles in CON or AMP subjects (Fig. 6B). Few
significant differences were found in comparing mean walking and running activations,
and walking muscle activations never became higher than running activations at 90,
100, or 110% GTS and maintained significantly higher activations though 130% GTS.
Not surprisingly, the activation magnitudes of the soleus, medial gastrocnemius, and
vastus lateralis muscles during swing phase were noticeably lower than those of the
tibialis anterior, rectus femoris, and biceps femoris long head. We observed signifi-
cantly lower swing phase soleus muscle activations on the intact limb of amputee sub-
jects (AMP-Intact) in walking compared to running only at 50 and 60% GTS. Soleus
muscle activations in walking were significantly higher than running activations for
CON at 120 and 130% GTS, and AMP-Intact at 130%GTS (Fig. 6B). There were no
significant differences between walking and running for swing phase medial gastroc-
nemius muscle activations in CON or AMP-Intact subject groups. In the swing phase
of walking, vastus medialus muscle activations were significantly lower compared to
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Figure 6: Average mean swing phase activation for walking and running relative to
% gait transition speed (GTS). Electromyographic (EMG) activity (mean ± std) of
peak stance phase activations for walking and running across speeds relative to the
%GTS for A) primarily flexors and B) primarily extensors during walking. 100%
GTS refers to 2.09 ± 0.05 m/s for CON subjects and 1.73 ± 0.13 m/s for AMP
subjects (vertical grey dashed line). Control (CON, n=10) subject right leg data,
and unilateral, transtibial amputee data (AMP-Intact & AMP-Amputated, n=10) are
depicted during walking (solid circles, solid line) and running (open circles, dashed
line). Data presented for tibialis anterior, rectus femoris, biceps femoris long head,
soleus, medial gastrocnemius, and vastus medialis was normalized to peak activation
during walking at 130% GTS and meaned across the swing phase of 10 steps. Paired
t-tests compared % activation during walking vs. running within subjects at each
speed relative to the GTS (*Bonferonni corrected α-level of 0.05, p < 0.0056).
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at 100% GTS. Walking activations were significantly higher running for CON at 120
and 130% GTS, AMP-Intact at130 % GTS, and never for the AMP-Amputated side.
3.3.3 Muscle activations: Stance phase at relative speeds
During stance phase, tibialis anterior was the only muscle we identified as having a
critical divergent points (CON and AMP-Intact) (Fig 7A). where walking activations
became higher than running near the GTS. Stance phase, tibialis anterior critical
divergent points were identified at 100% GTS for CON and 110% GTS for AMP
subjects. Stance phase tibialis anterior activations were significantly higher than
running activations at 100-130% GTS for CON subjects and 110-130% GTS for AMP-
Intact.
No divergent points (critical or non-critical) were found for rectus femoris, bi-
ceps femoris long head soleus, medial gastrocnemius, or vastus lateralus (Fig. 7A-B).
Stance phase walking activations were never significantly higher than running acti-
vations for rectus femoris (CON at 50-100% GTS, AMP-Intact at 50-120% GTS)
(Fig. 7A). No significant gait-speed interaction was found for rectus femoris on the
AMP-Amputated side or any of the subject groups for biceps long head activation to
warrant a pairwise analysis. (Fig. 7A).
At all speeds, mean stance phase activations during walking never surpassed those
of running for the soleus, medial gastrocnemius, or vastus lateralus (Fig. 7B). Stance
phase soleus activations were significantly lower than running activations for CON
at 50-90% GTS and AMP-Intact at 50-130% GTS. Medial gastrocnemius activations
were similar, with significantly lower walking activations for CON at 50-110% GTS
and AMP-Intact at 50- 110% GTS. No significant gait-speed interaction was found
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Figure 7: Average mean stance phase activation for walking and running relative
to % gait transition speed (GTS). Electromyographic (EMG) activity (mean±std)
of peak stance phase activations for walking and running across speeds relative to
the %GTS for A) primarily flexors and B) primarily extensors during walking. 100%
GTS refers to 2.09 ± 0.05 m/s for CON subjects and 1.73 ± 0.13 m/s for AMP
subjects (vertical grey dashed line). Control (CON, n=10) subject right leg data ,
and unilateral, transtibial amputee data (AMP-Intact & AMP-Amputated, n=10) are
depicted during walking (solid circles, solid line) and running (open circles, dashed
line). Data presented for tibialis anterior, rectus femoris, biceps femoris long head,
soleus, medial gastrocnemius, and vastus medialis was normalized to peak activation
during walking at 130% GTS and meaned across the stance phase of 10 steps. Paired
t-tests compared % activation during walking vs. running within subjects at each
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Figure 8: Individual swing-phase mean EMG at absolute speeds. (Caption next
page.)
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Figure 8: Individual swing-phase mean EMG at absolute speeds. Swing-phase mean
EMG as a % of maximum activation for each subject during walking (solid circles)
and running (open circles) are plotted with respect to absolute speed. The vertical
black dashed line denotes the average gait transition speed (GTS) for CON and AMP
subjects at 2.09 and 1.73 m/s respectively. Second order polynomial line fits are de-
noted for walking (solid line) and running (dashed line) with 95% confidence intervals
of the data shaded in dark and light respective colors. Yellow boxes superimposed
over the plots highlight the the area between the divergent points (where the walk-
ing activations become higher than the running activations) and the gait transition
speed.Critical diverget point: Yellow diamond; Non-critical divergetnt point: Yellow
”X”. A) Swing Phase Tibialis Anterior: CON (walking: r2 = 0.66; running: r2 =
0.93); AMP-Intact (walking: r2 = 0.80; running: r2 = 0.92); B) Swing Phase Rectus
Femoris: CON (walking: r2 = 0.51; running: r2 = 0.75); AMP-Intact (walking: r2
= 0.30; running: r2 = 0.84); AMP-Amputated (walking: r2 = 0.41; running: r2 =
0.88); C) Stance Phase Tibialis Anterior: CON (walking: r2 = 0.73; running: r2 =
0.89); AMP-Intact (walking: r2 = 0.73; running: r2 = 0.90).
3.3.4 Muscle activations: Absolute speeds
To further illustrate the statistical findings of the relative speed analysis, for mus-
cles exhibiting a divergent point in their activations (swing and stance phase tibialis
anterior, and swing phase rectus femoris), the walking and running mean EMG ampli-
tudes were plotted with respect to absolute speed for all subject groups. We compared
the absolute speeds at which the respective critical divergent points and non-critical
divergent points of these muscles, occurred in CON or AMP subjects (Fig 8A-C).
The swing phase tibialis anterior activation critical divergent point for CON was 1.69
m/s, approximately 0.40 m/s below the CON GTS of 2.07 m/s, while AMP-Intact
side was 1.45 m/s, approximately 0.28 m/s below the AMP GTS of 1.73 m/s (Fig.
8A, critical divergent point: yellow diamonds; difference between critical divergent
point and GTS: shaded yellow). The critical divergent point for swing-phase tibialis
anterior mean EMG appeared to track with each groups respective gait transition
speed. Conversely, changes in walking and running amplitudes for swing phase rec-
tus femoris activations for AMP subjects appear to be a function of absolute speed
changes rather than the GTS (Fig. 8B, critical divergent point: yellow diamond;
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non-critical divergent point: yellow X). The swing phase rectus femoris mean EMG
critical divergent point occurred at approximately the same absolute speed in both
CON and AMP-Intact side at 1.56 m/s, and 1.62 m/s respectively. AMP-Amputated
side occurred at approximately the same speed as the AMP GTS at 1.72 m/s (Fig
8B, difference between divergent points and GTS: shaded yellow). Absolute speed
plots of mean stance phase tibialis anterior activity showed mean critical divergent
points 1.40 m/s for CON subjects and 1.32 m/s for AMP subjects with larger dif-
ferences between the critical divergent points and GTSs of 0.67 and 0.41 m/s (Fig.
8C, critical divergent point: yellow diamond; difference between divergent points and
GTS: shaded yellow).
3.3.5 Joint moments
Data from a representative pair of matched subjects show the changes in joint mo-
ments across speed and between gaits (Fig. 9). Generally peak joint moments in-
creased with speed in both walking and running. For all subjects, extensor moments
became more positive and flexor moments became more negative at greater speeds,
with the exception of the stance phase peak ankle moments during walking (Fig.
10). Instead, stance phase peak plantarflexion moments (positive) peak at 90% GTS
in CON subjects and at 110% GTS in AMP subjects (intact and amputated sides)
(Figure 10). CON subjects peak stance phase dorsiflexion moments (negative) during
walking peak is at 100% GTS while AMP-Amputated side peaks at 120% (intact and
amputated sides) (Figure 10, Table 5).
Almost all joint moment comparisons (within subject group: flexion or extension)
had significant gait-speed interactions (Table 5). For all subject groups, no interaction
effect between gait (walking and running) and speed (50-130% GTS) was found for
the ankle during peak ankle plantarflexion moment during swing. AMP-Amputated
































































































































































































































































































































































































Table 5: Peak joint moments: Two-way ANOVA statistics














Flex. Ext. Flex. Ext. Flex. Ext. Flex. Ext. Flex. 




Gait 0.003 <0.001 0.011 <0.001 <0.001 <0.001 <0.001 0.001 0.003 <0.001 0.037 0.125 
Speed <0.001 <0.001 0.400 <0.001 <0.001 <0.001 <0.001 <0.001 <0.001 <0.001 <0.001 <0.001 







 Gait 0.002 <0.001 0.642 <0.001 <0.001 <0.001 0.003 0.241 0.097 <0.001 0.002 0.144 
Speed <0.001 <0.001 0.056 <0.001 <0.001 <0.001 <0.001 <0.001 <0.001 <0.001 <0.001 <0.001 









d Gait 0.004 <0.001 0.119 <0.001 0.001 0.020 0.006 0.070 0.323 <0.001 0.011 0.386 
Speed <0.001 <0.001 0.375 <0.001 <0.001 <0.001 <0.001 <0.001 <0.001 <0.001 <0.001 <0.001 
Interaction 0.091 0.048 0.320 <0.001 0.163 0.012 0.001 <0.001 <0.001 <0.001 <0.001 0.002 
or peak knee extension. Instances where peak moments became significantly larger
during walking than running at relative speeds near the gait transition speed (i.e. 90,
100, or 110% GTS) were during swing phase peak dorsiflexion (negative) in AMP-
Amputated (90-130% GTS), swing phase peak knee flexion (negative) in CON (90-
130% GTS), AMP-Intact (110-130% GTS) and AMP-Amputated (110 & 130% GTS),
stance phase peak hip extension (positive) in CON (100-130% GTS).
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Figure 10: Peak extension and flexion joint moments (Nm/kg) during stance and
swing phase of walking and running at speeds 50-130%GTS. Positive value indicate
extension moments and negative values indicate flexion moments. Peak moments
(mean±std) of stance and swing phase for walking and running across speeds relative
to the %GTS. 100% GTS refers to 2.09 ± 0.05 m/s for CON subjects and 1.73 ± 0.13
m/s for AMP subjects (vertical grey dashed line). Control (CON, n=10) subject right
leg data, and unilateral, transtibial amputee data (AMP-Intact & AMP-Amputated,
n=10) are depicted during walking (solid circles, solid line) and running (open circles,
dashed line). Positive value indicate extension moments and negative values indicate
flexion moments. Paired t-tests compared % activation during walking vs. running




We determined tibialis anterior muscle activation to be an important determinant of
the walk-to-run transition in unilateral, transtibial, amputees, just as it is in their
matched controls. The tibialis anterior muscle exhibits critical divergent points (in
swing and stance phase) indicating that switching to a running gait would lead to
reduced muscle activation at or above the preferred gait transition speed in both
amputees and controls. In amputee subjects, the critical divergent points for the
tibialis anterior muscle activation is the only muscle we observed to track with the
significantly lower gait transition speed compared to able-bodied control subjects.
3.4.1 Tibialis anterior muscle is a determinant in CON and AMP subject
walk-to-run transitions
Muscle activation results suggest that the tibialis anterior is the main flexor mus-
cle, of those tested, determining the walk-to-run transition in unilateral, transtibial
amputee subjects. Tibialis anterior activations during walking significantly increase
above those of running (i.e., the critical divergent point) at the same relative speed
(110% GTS) (Fig. 6A). Despite the significantly lower gait transition speed in AMP
subjects, the swing phase tibialis anterior activations during walking were signifi-
cantly higher than the activations during running at the same relative speeds in both
CON and AMP subjects (110-130% GTS). This suggests that the preferred walk-
to-run transition speed for both CON and AMP subjects is similarly influenced by
swing phase tibialis anterior activation. Plotting the muscle activations with respect
to absolute speed further supported these results (Fig. 8A). The critical divergent
points (Fig. 8A, yellow diamonds, CON: 1.69 m/s, AMP: 1.45 m/s) maintained a
consistent relationship with respect to the transition speeds (Fig. 8A, shaded yellow)
when plotted on an absolute speed scale. AMP and CON swing-phase tibialis anterior
data, are consistent with previous work in able-bodied subjects. Our results support
the hypothesis that tibialis anterior is a determinant of the walk-to-run transition,
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due to the increased mechanical demands during swing phase at high walking speeds
(Bartlett and Kram, 2008; Hreljac, 1995; Hreljac et al., 2001; Prilutsky and Gregor,
2001).
Stance phase tibialis anterior activation also showed significantly higher walking
activations compared to running for controls and amputee subjects (100-130%GTS
and 110-130%GTS respectively, Fig. 7A) These findings are consistent with previ-
ous work in able bodied subjects that have implicated stance phase tibialis anterior
activation as a determinant of the walk-to-run transition speed due to the rapid plan-
tarflexion and eccentric loading of the muscle during early stance (Malcolm et al.,
2009b; Segers et al., 2007b). However, unlike the tibialis anterior swing phase acti-
vations, the evidence that stance phase activations are indicative of the walk-to-run
transition is not as strong. Although the critical divergent point occurs at 100% GTS
in controls and 110% GTS in amputee subjects (Fig 7A), the absolute speed plots
(Fig 8C) show the mean critical divergent points are very similar in absolute speed
(1.40 m/s and 1.32 m/s). Thus we are unable to conclude if stance phase tibialis
anterior activation have a stronger association with absolute speed changes of the
walk-to-run transition speed.
3.4.2 Rectus femoris and biceps femoris long head muscle activations are
a function of absolute speed changes
Previous work has also indicated contributions of swing phase rectus femoris and
biceps femoris long head activations as determinants of the gait transition (Prilutsky
and Gregor, 2001). Although our data from AMP subjects do not corroborate these
findings, we do not refute that swing phase rectus femoris and biceps femoris long head
activations may be important for the walk-to-run transition of the able-bodied system.
Only non-critical divergent points were identified in AMP subject for rectus femoris
and biceps femoris long head muscles activations during swing phase (Fig. 3A).
The relative speeds where significant differences for femoris and biceps femoris long
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head activations appeared to be staggered when comparing within a muscle, across
groups (CON, AMP-Intact, and AMP-Amputated). For the rectus femoris, running
activations continued to be significantly higher than walking activations at faster
relative speeds in AMP-Intact (RF: 50-70% GTS), and AMP-Amputated (50-80%
GTS) than CON. Conversely, walking activations began to be significantly higher than
running activations at slower relative speeds in CON (90-130% GTS) than in AMP-
Intact (120-130% GTS), and AMP-Amputated (130% GTS). We observed a similar
pattern for swing phase biceps femoris long head activations. Swing phase rectus
femoris and biceps femoris long head activations appear to be a function of changes
in absolute speed rather than indicative of the walk-to-run transition speed. This
finding is even more apparent when comparing swing phase rectus femoris activations
in walking and running with respect to changes in absolute speed (Fig. 5B). As speed
increases, rectus femoris activations during walking increase above those of running
at similar absolute speeds for all subject groups, irrespective of the gait transition
speed (CON: 1.56 m/s, AMP-Intact: 1.62 m/s, AMP-Amputated: 1.72 m/s).
Critical divergent points were not identified for swing phase soleus, medial gas-
trocnemius, or vastus medialus muscles (Fig. 6B) or stance phase rectus femoris,
biceps femoris long head, soleus, medial gastrocnemius, and vastus medialus muscles
(Fig. 7A & B). Hence none are considered determinants of the walk-to-run transition
for controls of amputees.
Data for control subjects alone during swing are consistent with the prior find-
ings of Prilutsky and Gregor (2001) and corroborate the idea that the increased joint
moments at higher walking speeds during swing phase, and the subsequent muscle
activations of the tibialis anterior, rectus femoris, and biceps femoris long head con-
tribute to the walk-to-run transition However, given this hypothesis, our data from
unilateral, transtibial amputees, indicate the main determinant of their walk-to-run
transition increased activation level of the intact side tibialis anterior muscle.
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3.4.3 Joint moments
Inertial characteristics for the amputated side were calculated using the intact side
parameters (center of mass location, radius of gyration and, and segment mass). This
decision was made due to the lack of normative data in the literature for amputee
subjects (Sagawa et al., 2011). Inertial characteristics for amputees have previously
been characterized by one study, however on average the amputated leg weighed
42.3% less than the intact leg (Mattes et al., 2000). The amputated leg of subjects
who received DEXA scans was only -0.38 ± 1.22 kg lighter than the intact side
on average (Table 4). Thus, we felt that the more accurate representation of inertial
characteristics would be to use those of the intact side. Furthermore, we used a within-
subject statistical analysis for all subject peak moments, with comparisons made
between walking and running gaits at each speed. Hence, any potential discrepancy
in the inertial characteristics used to calculate the amputated leg joint moments would
not affect our general conclusions.
Consistent with electromyographic data, peak joint moments for running data
remained approximately the same or increased with speed (i.e. extensor moments be-
came more positive and flexor moments became more negative at greater speeds)(Fig.
10). Peak joint moments for walking were also consistent with EMG in the knee and
the hip, and plantarflexion moments of the ankle.
3.4.4 Explanation of peak ankle flexion moments and tibialis anterior
activation magnitude discrepancy
Taken alone, peak dorsiflexion moments for stance and swing do not explain the
disproportionate increase in tibialis anterior activation during walking compared to
running at speeds above 100% GTS. Mechanically, these seemingly attenuated peak
dorsiflexion moments could be explained by an increase in coactivation at the an-
kle (stance and swing phase) or increased passive plantarflexion contributions from
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a lengthened gastrocnemius (swing phase). A passive plantarflexion moment coun-
teracting the active dorsiflexion, is supported by the significantly higher swing phase
peak knee flexion moments during fast walking in both CON and AMP subjects, which
would lengthen the gastrocnemius ultimately causing an antagonistic passive plan-
tarflexion moment (Fig. 10). Alternatively, the disproportionate increase in walking
tibialis anterior activation compared to running (in stance and swing phase), could be
indicative of an independent neural response due to intra or interlimb coordination.
3.4.5 Implications of study
The results presented here provide a unique insight into our basic understanding of
the human walk-to-run gait transition. Investigating locomotor deficits and extremes
offer a means of probing underlying mechanisms regarding the control of normal gait.
Examining gait transitions in unilateral, transtibial amputees, allows us to investigate
the fundamental determinants of legged locomotion and underlying neuromuscular
controls. Furthermore, this research shows that unilateral, transtibial amputees pro-
vide an in vivo model for decoupling mechanical limits (i.e. architectural limits of
plantarflexors) from neural responses (i.e. tibialis anterior muscle activations) when
walking at high walking speeds.
Additionally this study provides foundational data for the development of more
robust transtibial prosthetic devices. Currently, the field of prosthetics is attempt-
ing to advance technology and design of lower extremity prosthetic devices to most
accurately and efficiently mimic human gait. However, it does this with limited infor-
mation due to the paucity of scientific knowledge regarding gait transitions. Running-
and walking-specific prosthetic design would greatly benefit from an increased under-
standing of the able-bodied and amputee gait transition. There is also the potential
for a more versatile leg that could be used for both running and walking gaits, if the





































































Figure 11: A) Walking muscle activations for tibialis anterior (blue) and soleus (red)
muscles in able-bodied controls. B) Able-bodied control propulsive force production
during walking. C) Proposed theoretical circuitry that could cause an imbalance in
the stance phase extensor afferent feedback and swing phase flexor muscle activations
between the legs at high walking speeds.
such a device.
3.4.6 Potential mechanism for the walk-to-run transition
Our investigation of walk-to-run transitions in unilateral, transtibial amputees pro-
vides interesting insights into the effects of a unilateral perturbation on the gait
transition. Although, this study does not explicitly investigate an underlying neu-
romuscular mechanism responsible for the walk-to-run transition, we have posited a
potential mechanism based on our results.
We suspect that a release of contralateral inhibitory stance-phase extensor afferent
feedback on ipsilateral flexor muscle activations at high walking speeds is ultimately
responsible for the gait transition. In walking rats, force-dependent afferent feedback
during ipsilateral stance elicits a proportional decrease in sensory feedback from the
contralateral swinging limb (Hayes et al., 2012; Hochman et al., 2013). This suggests
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that ipsilateral extensor muscle afferents (e.g., force-depenedent Ib afferents from
Golgi tendon organs) presynaptically inhibit the contralateral flexor muscles (Hayes
et al., 2012; Hochman et al., 2013). In humans, ipsilateral sensory inputs affecting
contralateral motor output has also been observed in stationary pedaling studies (Ting
et al., 2000; Ting et al., 1998). This evidence leads us to believe that extensor (most
likely Ib force-dependent) afferents of the ipsilateral side inhibits the flexor muscle
activations of the contralateral side in humans. Previous findings show plantarflexor
force production becomes limited at high walking speeds (Neptune and Sasaki, 2005).
We found similar results in Aim 1 (Fig. 11B). We propose both the extensor an flexor
muscles are implicated in the walk-to-run transition rather than solely changes in force
feedback directly onto the central pattern generator. Previous work showed targeted
fatiguing of the tibialis anterior muscle (Segers, 2007) and selectively increasing and
decreasing the swing phase activations (Bartlett Kram, 2008) can also alter the
walk-to-run transition speed.
We suspect decreases in ipsilateral force feedback could lead to a disinhibition of
contralateral flexor efferents and subsequent motor output. We propose a release in
inhibition leads to an imbalanced increase in contralateral flexor muscle activations,
surpassing that of the ipsilateral extensor muscle activations. This imbalance between
the limbs, ultimately triggering the walk-to-run transition. The disproportionate
increases we observed in tibialis anterior activations during walking at speeds above
the gait transition speed in comparison so plantarflexor activations supports this idea
(Fig. 11A). Figure 11C illustrates a simplistic schematic of the proposed theoretical
circuitry underlying the contralateral inhibition as set by the ipsilateral extensor
afferent feedback. Further investigations should seek to apply a controlled assessment
of the effects of extensor sensory feedback on contralateral flexors.
61
3.5 Conclusion
We concluded that in unilateral, transtibial amputees, swing phase activations or at
least the tibialis anterior are a major determinant of their walk-to-run transitions.
Swing phase dorsiflexion moments alone do not explain these results and additional
work is necessary to probe potential mechanical and neural explanations. Further-
more, swing-phase rectus femoris and biceps femoris long head activations and their
respective joint moments, are a function of changes in absolute speed and thus not




AIM 3: THE EFFECTS OF CONTRALATERAL
BELOW-KNEE ISCHEMIC BLOCK ON IPSILATERAL
MOTOR OUTPUT
4.1 Introduction
The spontaneous gait transition is an example of afferent feedback modulating loco-
motion in humans (unpublished work by Graham Brown as described by Lundberg
and Phillips, 1973; Hagio et al., 2015). Afferent feedback is well regarded as important
to the control and adaptation of locomotion. In animal models, increasing descend-
ing drive by stimulating the mescenphalic locomotor region of the brain can elicit
walk-to-run gait transitions (Shik et al., 1966; Shik et al., 1969; Steeves et al., 1987).
However, to our knowledge, brain stimulation alone (without afferent feedback) has
never been shown to result in a gait transition. Muscle activations during locomotion
are modulated via ipsilateral (Hoogkamer et al., 2012; Mazzaro et al., 2005b; Sink-
jaer et al., 2000; Zehr et al., 2001b; Zehr et al., 1997) and contralateral (Hayes et
al., 2012; Hochman et al., 2013; Hohne et al., 2012; Hoogkamer et al., 2012; Zehr et
al., 2001a) afferent feedback. These modulations support interlimb coordination to
maintain dynamic stability. To date, the vast majority of gait transition literature
has focused on legs ipsilaterally, neglecting the possibility of afferent contributions to
interlimb coordination as a major determinant of the walk-to-run transition.
Recent work in rats suggests a contralateral force dependent afferents could presy-
naptically inhibit ipsilateral flexor muscles. Investigations during walking in a rat
spinal cord-hindlimb preparation show afferent feedback during contralateral stance
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(limb loading and toe contact) which elicits a proportional decrease in sensory feed-
back from the ipsilateral swinging limb, as measured from ipsilateral dorsal root
potentials (Hayes et al., 2012; Hochman et al., 2013). This work suggests that con-
tralateral extensor muscle afferents (most likely force-dependent Ib afferents from
Golgi tendon organs) could decrease ipsilateral flexor muscle output during swing
phase via presynaptic inhibition.
This interlimb pathway is corroborated by human pedaling studies. Ting, et
al. showed ipsilateral tibialis anterior and rectus femoris activation decrease during
flexion phase (mid-upstroke of the pedaling cycle), when high rhythmic extensor
force is generated concomitantly on the contralateral side (mid down stroke, due
to anti-phasing of two-legged pedaling), in comparison to when the contralateral
limb is held static (1998, 2000). This ipsilateral decrease in flexor muscle activation
was only present when the contralateral limb was moving out of phase with the
ipsilateral limb (as is indicative of normal pedaling), hence this interlimb coordination
response appears to be locomotor-dependent. Furthermore, there is no change in
tibialis anterior or rectus femoris activation when compared to a static contralateral
limb, when the contralateral limb generates a low rhythmic extensor force. This
evidence leads us to believe that extensor (most likely Ib) afferents of the contralateral
side inhibits the flexor muscle activations of the ipsilateral leg in humans.
This interlimb coordination could have implications to the underlying neural mech-
anism responsible for the walk-to-run transition. We suspect that a release of con-
tralateral inhibitory stance-phase extensor afferent feedback on ipsilateral flexor mus-
cle activations at high walking speeds is ultimately responsible for the gait transition.
Previous findings in able-bodied individuals show plantarflexor force production de-
creases at high walking speeds (near the gait transition speed) (Neptune and Sasaki,
2005). If a contralateral reduction in force production leads to a subsequent reduc-
tion in force feedback, given the interlimb circuitry seen in walking rats and pedaling
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humans, then a subsequent facilitation of ipsilateral flexor motor output would be
expected. The natural release in inhibition at high walking speeds would lead to
an imbalanced increase in contralateral flexor muscle activations, surpassing that of
the ipsilateral extensor muscle activations (as seen in Aim 2). Thus, an imbalance
in the stance phase extensor afferent feedback and swing phase flexor muscle acti-
vations of the limbs may be triggering the spontaneous transition from walking to
running. The purpose of this work is to quantify the effects of contralateral, below-
knee deafferentation on ipsilateral limb flexor motor output during locomotion. This
is a necessary first step toward understanding a potential interlimb neuromuscular
mechanism present during human locomotion, and potentially responsible for the
walk-to-run transition. We hypothesize that diminished afferent feedback from the
contralateral extensor muscles below the knee will cause an increase in flexor mus-
cle activation of the ipsilateral side due to contralateral extensor afferents normally
having a net inhibitory effect on the ipsilateral flexor muscles.
To accomplish this, we imposed a below-knee ischemic nerve block as a means of
deafferentation. Ischemic nerve block (IB) is a safe, reversible and reliable means of
deafferentation (Baron and Irving, 2002; Christensen et al., 2007; Schlee et al., 2009;
Voller et al., 2006). Due to the locomotion-dependent nature of the proposed path-
way, we must assess the effects of contralateral afferent feedback on ipsilateral motor
output during rhythmic locomotor movement. Furthermore, the task mechanics, es-
pecially of the ipsilateral side, must be well controlled despite the imposed unilateral
afferent perturbation to prevent confounding influences on the muscle activations. As
changes in balance, step lengths and stance/swing times have been noted in walking
studies utilizing ischemia as a perturbation (Dickey and Winter, 1992), cycling is a
preferable paradigm to perturb the able-bodied locomotor system and minimize po-
tential confounders, which can alter task mechanics. We used a cycle ergometer with
mechanically decoupled cranks.
65
4.2 Materials & methods
4.2.1 Subjects
Nine able-bodied subjects (8 males, 1 female) gave written informed consent to par-
ticipate in the Georgia Institute of Technology IRB approved protocol. One subject
was unable to maintain appropriate crank phasing during the ischemic block portion
of the protocol and was excluded. The results presented here are from the remaining
8 subjects, (7 males, 1 female; age: 29.69 ± 5.21 years; mass: 82.60 ± 6.77 kg; leg
length: 91.43 ± 3.84 cm). All subjects were free of previous major musculoskeletal
and neuromuscular trauma. Potential subjects were excluded from participating in
the study if they were pregnant, diabetic, sedentary, or suffering from a cardiovascu-
lar or neurological pathology. All subjects had at least some experience with cycling
prior to enrollment.
4.2.2 Experimental protocol
To test the effects of contralateral ischemic deafferentation (donor leg- right side)
on the ipsilateral leg (recipient leg- left side) we developed a custom modified cycle
ergometer with mechanically decoupled cranks (Fig. 12) and custom instrumented
pedals (Broker and Gregor, 1990). Pedaling on a mechanically decoupled cycle er-
gometer is an appropriate paradigm to severely perturb the able-bodied locomotor
system without the confounding influence of balance or changes in stance-swing times.
Decoupled cranks loaded with constant resistance on separate flywheels ensures that
each leg will pedal against the same bilateral load for all conditions as we manipulate
the afferent feedback unilaterally. Constant-torque springs applied to the independent
cranks will resist extension and aid in flexion as would happen in a regular coupled
cycle ergometer, as previously done by Ting et al. (2000). This ensures the task
mechanics of the decoupled set up are equivalent to regular cycling, and more closely












Figure 12: Custom mechanically decoupled cycle ergometer.
The protocol was completed on two consecutive days: Day 1- Training; Day 2-
Ischemic Deafferentation. Subjects refrained from exercise before testing each day.
Saddle height was set to 95% of mean leg length, followed by fine adjustments based
on subject feedback regarding comfort. The same saddle height was used on both
days of collection. Clip-in pedals and a standard set of cycling shoes (Fig. 13) were
utilized to keep the subjects feet in contact with the pedals at all times. Subjects were
instructed to concentrate on three things during pedaling: 1. maintaining a constant
cadence of 120 rpm with the aide of a metronome, 2. maintaining normal pedal
phasing (i.e. 180° offset), and 3. minimizing pelvis and torso motion. The average
load on each crank of the mechanically decoupled cycle ergometer was measured to be
78.33 ± 14.91 watts and held constant between each collection day for each subject.
Although the load varied between subjects, there was no difference in load within a
subject. Decoupling the cranks and having separate flywheels for each crank ensures
that each leg will pedal against the same load during all conditions.
Day 1 consisted of a training session to familiarize the subjects with the custom
mechanically decoupled cycle ergometer. Seven subjects completed five 5-minute
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Figure 13: Cycling Shoes
training trials (25 minutes total pedaling). The eighth subject only completed four
5-minute training trials due to time restraints. Subjects were allowed unlimited rest
in between trials.
On Day 2, subjects completed the ischemic deafferentation portion of the protocol.
Marker, pedal force, and electromyographic (EMG) data were collected during each
45-second trial. Subjects warmed up on the cycle ergometer for 5 minutes while data
were collected at minutes 0, 2, and 4. Subjects then completed a series of 45-second
pedaling trials of bilateral pedaling under two conditions: 1. wearing an un-inflated
blood pressure cuff on their right leg, below the knee (Baseline), and 2. under ischemic
nerve block, with the blood pressure cuff on the right leg, below the knee, inflated to
220mmHg (IB). The blood pressure cuff was placed below the knee as to not affect
knee flexion. During these trials, the subjects would begin pedaling and then verbally
indicate when they felt they were on the cadence and had correct pedal phasing (180°
offset) to start the collection. Subjects were given a minimum of 3 minutes rest before
and after the Baseline trial. During the IB condition rest was limited to 3 minutes
between each trial. Data was analyzed at minutes 0, 4, 12, and 20 (IB0, IB4, IB12,
IB20 respectively). Approximately 15-20 minutes of ischemic block is documented as
the duration at which subjects loose substantial tactile and proprioceptive sensation
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Figure 14: Dermatome locations drawn on subjects ankle for von Frey filament
testing.
(Berger et al., 1984; Dickey and Winter, 1992; Dietz et al., 1979; Laszlo, 1967).
Deafferentation was verified by von Frey filament tests (Sinclair, 1948) at the S1
(lateral aspect of the foot/ankle), L4 (dorsum of the foot, frontal aspect of the an-
kle), and L5 (medial aspect of the foot/ankle) dermatomes (Fig. 14) prior to each
IB condition. The S1 dermatome is associated with plantarflexor nerves and the L5
dermatome is associated with of dorsiflexor nerves (Netter et al., 2002). Von Frey fil-
ament testing was conducted at the ankle. Each subjects ankle was shaved to prevent
extraneous stimulation and location of the dermatomes was conservatively estimated
based on Bates Guide to Physical Examination and History Taking (Bickley, 2009).
4.2.3 Cycling analysis
All data were crank angle normalized (0-360°) (Fig. 3). Pedal cycle begins at 0°,
which is set even with the seat post. This orients maximum flexion and extension to
crank angles of 0 and 180° respectively. The pedaling cycle was further broken into
four quadrants (Q) for analysis: Q1- flexion to extension transition, Q2- extension,
Q3- extension to flexion transition, and Q4- flexion. Additionally, vastus medialus
and gluteus maximus electromyographic data were analyzed during the crank angles
corresponding to 0-180° (Fig 15, ”Ex”), as these muscles are mainly active for the
duration of extension and are graphically presented this way in the results. Since
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the cranks are mechanically decoupled, maintaining a 180° phase difference between
the cranks falls on the subjects to stay in time with the metronome. A 180° phase
difference between the cranks indicates a 0° crank offset (goal). The cycles that did
not maintain a crank offset of 0°±30° were excluded from analysis, to minimize the
effect on leg phasing on changes in motor output (Alibiglou et al., 2009). Data were
analyzed using custom Matlab code (Mathworks, 2013b).
4.2.4 Kinematics and kinetic recording & analysis
Three-dimensional lower extremity marker data were collected by a six-camera Vicon
motion analysis system (120Hz, Oxford, UK). Retro-reflective markers were placed
bilaterally on each subjects second metatarsophalangeal joint, lateral malleolus, heel,
shank segment, lateral condyle, thigh segment, anterior superior iliac spine, and poste-
rior superior iliac spine, as well as on the tenth thoracic vertebrae and seventh cervical
vertebrae. A permanent bracket on each pedal held two retroreflective markers (one
at each end) in order to calculate pedal angle. We applied a low-pass, zero-phase lag,
fourth order Butterworth filter at 10 Hz to marker data. Peak flexion and extension
angles over the pedal cycle for each joint were analyzed. Force data was analyzed
within each functional quadrant of the pedal cycle.
4.2.5 Electromyographic recording & analysis
Surface electromyographic data (EMG) (1080Hz, Noraxon 16-channel) were collected
bilaterally from tibialis anterior (TA), soleus (SO), medial gastrocnemius (MG), vas-
tus lateralis (VL), rectus femoris (RF), biceps femoris long head (BF), and gluteus
maximus (GM) muscles. Data were bandpassed 20-450Hz, demeaned, rectified, and
10 Hz lowpass filtered. Data were bandpass filtered 10-450 Hz, demeaned, rectified,
and 10 Hz lowpass filtered. For each trial, EMG data from 10 pedal cycles were
normalized to the peak value during the Baseline trial for each subject (Shiavi, 1998;























Figure 15: Schematic of functional cycling quadrants (Flx: flexion, Ex: Extension)
were quantified with integrated EMG (iEMG) for each functional quadrant (Q1-Q4)
of the pedaling cycle.
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4.2.6 Statistical analysis
Due to the within-subject repeated measures design, we performed a one-way re-
peated measures analysis of variance (ANOVA) to assess detect main effects across
trials (Baseline, IB0, IB4, IB12, IB20) (p < 0.05). If Maucheys test of sphericity
was violated degrees of freedom were corrected using Greenhouse-Geisser estimates
of sphericity to prevent Type II error (Geisser and Greenhouse, 1959). When a signif-
icant main effect was found, Holm-Bonferroni corrected, pairwise comparisons were
made post-hoc to compare each IB trial to Baseline for a simple main effects analysis




Loss of cutaneous afferent feedback was confirmed by von Frey filament testing with
significant main effects for all dermatomes: S1 (F(3,21) = 23.82, p < 0.001), L4
(F(1.34,9.38) = 8.84, p = 0.011), and L5 (F(3,21) = 12.14, p < 0.001) (Fig. 4).
Increases in filament size correspond logarithmically with reductions in afferent feed-
back. Afferent feedback was significantly lower beginning at ∼12 minutes of ischemic
block for S1 and L4 dermatomes (pre-IB12, pre-IB16, and pre-IB20) and at ∼4 min-
utes of ischemic block in the L5 dermatome (pre-IB4, pre-IB12, pre-IB16, and pre-
IB20). Data presented is mean ± standard deviation for all 8 subjects. Increases in
filament size correspond to increases in cutaneous sensory loss. Baseline refers to the
testing period after the Baseline cycling trial, and before the IB0).
4.3.2 Crank offset
There were no significant main effects for mean crank offset (F(4,28) = 1.958, p =



































































Figure 16: von Frey filament testing during onset of deafferentation. Mean ± stan-
dard deviation von Frey filament size for dermatomes, S1, L4, and L5 (as measured
at the ankle). Higher filament size indicates greater sensory loss. For reference fila-
ment sizes 3.22 and 5.46 correspond to 0.16 and 26.0 newtons, respectively. Baseline
measurement was taken after the baseline cycling trial, and directly before minute 0
of ischemic block. (*p<0.05, Holm-Bonferroni corrected).
17A, grey bars and white bars respectively). There was a significant main effect
for average maximum positive crank offset (F(2,24.04) = 4.707, p = 0.027), however
pairwise comparisons revealed no significant differences from Baseline for any IB trials
(Fig. 17A, black bars). A positive crank offset indicated that the pedal crank on the
contralateral donor side was lagging behind where it should be with respect to the
ipsilateral crank arm. In contrast a negative crank offset indicated that the pedal
crank on the contralateral donor side was ahead of where it should be with respect to
the ipsilateral crank arm. During Baseline, the maximum positive and negative crank
offsets were about even (11.16° ± 4.11 and -8.89° ± 3.11 respectively) (Fig. 17A).
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Figure 17: Crank offsets A) Mean ± standard deviation (grey), maximum positive ±
standard deviation (dark grey), and maximum negative ± standard deviation (white)
crank offsets during baseline and after 0, 4, 12, and 20 minutes of ischemic block (IB0,
IB4, IB12, and IB20 respectively). No significant main effects were found across any
condition. B) Mean ± standard deviation crank offset trace with respect to crank
angle for Baseline (black) and IB20 (dark red). Data represents the mean across 10
cycles for 8 subjects for panel A. and B.
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This indicates that with respect to the ipsilateral crank position, the magnitude of
contralateral crank angle fluctuations were relatively even above and below the goal
(being 0° crank offset). The mean crank offset however being negative (-7.15° ± 2.95),
indicates that for the majority of crank cycle, the contralateral crank position was
below the 0° goal (Fig 5B). After 20 minutes of ischemic block (IB20), the maximum
positive crank offset increased and maximum negative crank offset increased (less
negative) (16.93° ± 8.22 and -4.92° ± 7.29 respectively, NS). The mean crank offset
also increased, but was still negative (-2.91° ± 6.88, NS).
4.3.3 Electromyographic results
Ipsilateral and contralateral average EMG traces (mean ± standard deviation) in
general show consistent onsets of all muscle activations between the Baseline trial
and IB trials (Fig. 18 & 19). All p-values for main effects analysis reported in Table
6. For the ipsilateral limb, significant main effects were only found in quadrant 1 (Q1)
of the ipsilateral tibialis anterior and rectus femoris activations (F(4,28) = 6.551, p
= 0.001 and F(4,28) = 6.180, p = 0.001 respectively) (Fig. 18A). Horizontal black
bars spanning the quadrant indicate quadrants containing significant main effects.
Quadrants highlighted in yellow indicate post-hoc pairwise analyses yielded significant
decreases from baseline. The iEMG pairwise analyses are illustrated in bar plots
directly beneath the EMG trace plots, also highlighted in yellow. It is important to
note that Q1, indicative of the transition from flexion to extension, spans from 315-
360° and 0-45°. Post-hoc pairwise comparisons revealed significantly lower muscles
activations from Baseline in the ipsilateral tibialis anterior at IB4 (41.92% lower),
IB12 (39.12% lower), and IB20 (36.65% lower) during Q1 (p = 0.036, p = 0.028, p
= 0.040, respectively). Ipsilateral rectus femoris muscle activations were significantly
lower than baseline for all IB trials during Q1: IB0 (21.61% lower), IB4 (41.11%
lower), IB12 (37.29% lower), and IB20 (41.03% lower) (IB0: p = 0.046, IB4: p =
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0.016, IB12: p = 0.022, IB20: p = 0.006). No other muscles in the ipsilateral limb
exhibited significant differences in any quadrant (soleus, medial gastrocnemius, lateral
gastrocnemius, vastus lateralis, biceps femoris long head or gluteus maximus) (Fig.
6 B). Although not significant, the ipsilateral gluteus maximus muscle activations
markedly increased during Q2 and the first half of Q3 during IB4, IB12, and IB20,
(Q2: F(1.547,10.829) = 3.367, p = 0.082 and Q3: F(1.258,8.804) = 6.551, p = 0.112).
In the contralateral limb, only Q3 of biceps femoris long head muscle activations
and Q4 of lateral gastrocnemius muscle activations showed significant main effects
(F(4,28) = 5.397, p = 0.002 and F(4,28) = 8.987, p < 0.001, respectively) and sub-
sequent differences in post-hoc pairwise comparisons (Fig. 7A). Activations were
significantly reduced in the biceps femoris long head muscle during every IB trial
compared to Baseline in Q3: IB0 (31.23% lower), IB4 (47.05% lower), IB12 (36.92%
lower), and IB20 (39.31% lower) (IB0: p = 0.014, IB4: p = 0.004, IB12: p = 0.012,
IB20: p = 0.020). Lateral gastrocnemius muscle activations showed a similar pat-
tern in Q4: IB0 (54.17% lower), IB4 (66.31% lower), IB12 (44.02% lower), and IB20
(50.60% lower) (IB0: p = 0.030, IB4: p = 0.012, IB12: p = 0.016, IB20: p =
0.028). Lateral Gastrocnemius muscle activations also had significant main effects
in Q3 (F(4,28) = 3.603, p = 0.017), however, there were no significant differences
between Baseline and IB trials upon post-hoc pairwise comparisons. The same was
true for the Q4 of the gluteus maximus muscle (p = 0.031). No other muscles in
the contralateral limb exhibited significant differences in any quadrant (Fig. 20B) or
during extension phase (Fig. 21).
4.3.4 Kinematics
Kinematics trajectories were well maintained across conditions for all joints except the
contralateral ankle (Fig. 22). There were no significant differences on the ipsilateral
side peak flexion (positive) or peak extension (negative) angles at the ankle, knee,
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Figure 18: Ipsilateral recipient leg electromyographic (EMG) traces by functional
quadrant. Mean ± standard deviation EMG traces during cycling at baseline (black
line) and after 0, 4, 12, and 20 minutes of ischemic block (IB0, IB4, IB12, and IB20 re-
spectively) (pink to dark red lines). All data was normalized to peak activation during
the baseline trial, and traces represent the mean across 10 cycles for 8 subjects. Ver-
tical dashed lines represent quadrant boundaries (Q1-Q4). Significant main effects in
iEMG are denoted by: * and horizontal black bar spanning the quadrant, (*p<0.05).
Quadrants where post-hoc analysis revealed significant differences between baseline
and any IB trial are colored yellow. The subsequent pairwise post hoc analysis of
iEMG values comparing each IB trial to baseline is found directly underneath, also
with a yellow background. Horizontal black dashed lines indicate the mean value at
Baseline. (*p<0.05, Holm-Bonferroni corrected, significant difference from baseline
condition).
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Figure 19: Ipsilateral recipient VM and GM electromyographic (EMG) traces. Mean
± standard deviation EMG traces during cycling at baseline (black line) and after 0,
4, 12, and 20 minutes of ischemic block (IB0, IB4, IB12, and IB20 respectively) (pink
to dark red lines). All data was normalized to peak activation during the baseline
trial, and traces represent the mean across 10 cycles for 8 subjects. Vertical dashed
line represents the end of flexion phase (180°). Significant main effects in iEMG are
denoted by: * and horizontal black bar spanning the flexion phase, (*p<0.05). Post-
hoc analysis revealed significant differences between baseline and any IB trial are
colored yellow. The subsequent pairwise post hoc analysis of iEMG values comparing
each IB trial to baseline is found directly underneath, also with a yellow background.
Horizontal black dashed lines indicate the mean value at Baseline. (*p<0.05, Holm-
Bonferroni corrected, significant difference from baseline condition).
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Figure 20: Contralateral donor leg electromyographic (EMG) traces. Mean ± stan-
dard deviation EMG traces during cycling at baseline (black line) and after 0, 4, 12,
and 20 minutes of ischemic block (IB0, IB4, IB12, and IB20 respectively) (pink to
dark red lines). All data was normalized to peak activation during the baseline trial,
and traces represent the mean across 10 cycles for 8—subjects. Vertical dashed lines
represent quadrant boundaries (Q1-Q4). Significant main effects in iEMG are de-
noted by: * and horizontal black bar spanning the quadrant, (*p<0.05). Quadrants
where post-hoc analysis revealed significant differences between baseline and any IB
trial are colored yellow. The subsequent pairwise post hoc analysis of iEMG values
comparing each IB trial to baseline is found directly underneath, also with a yel-
low background. Horizontal black dashed lines indicate the mean value at Baseline.
(*p<0.05, Holm-Bonferroni corrected, significant difference from baseline condition).
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Figure 21: Contralateral recipient VM and GM electromyographic (EMG) traces.
Mean ± standard deviation EMG traces during cycling at baseline (black line) and
after 0, 4, 12, and 20 minutes of ischemic block (IB0, IB4, IB12, and IB20 respectively)
(pink to dark red lines). All data was normalized to peak activation during the
baseline trial, and traces represent the mean across 10 cycles for 8 subjects. Vertical
dashed line represents the end of flexion phase (180°). No significant main effects
were found.
Table 6: Repeated measures ANOVA main effects analysis results comparing iEMG
within each quadrant across all speeds. Significant main effects bolded.
Q1 Q2 Q3 Q4 Q1 Q2 Q3 Q4
TA 0.001 0.554 0.190 0.478 0.296 0.489 0.507 0.549
SO 0.594 0.440 0.290 0.382 0.637 0.058 0.582 0.389
MG 0.098 0.867 0.490 0.241 0.161 0.762 0.099 0.199
LG 0.330 0.914 0.856 0.431 0.053 0.366 0.017 <0.001
RF 0.001 0.689 0.362 0.544 0.095 0.324 0.457 0.336
BF 0.380 0.152 0.918 0.596 0.497 0.684 0.002 0.087
VL 0.331 0.566 0.371 0.646 0.109 0.167 0.748 0.231









Ipsilateral Recipient Leg Contralateral Donor Leg
80
or hip (Fig 22 A-C). On the contralateral side ankle trajectory variability increased
and mean range of motion decreased. Both peak dorsiflexion (positive) and peak
plantarflexion (negative) had significant main effects (F(4,28) = 3.598, p = 0.017
and F(4,28) = 8.831, p > 0.001 respectively) (Fig. 22A). Due to high variability
of the ankle trajectories between subjects, pairwise analysis revealed no significant
differences between Baseline and any of the IB trials for peak dorisflexion angles in the
contralateral ankle. Peak contralateral ankle plantarflexion angle, was significantly
decreased from Baseline (-10.64° ± 6.80) at IB4 (-7.91° ± 7.17, p = 0.022), IB12
(-4.03° ± 6.57, p = 0.004), and IB20 (-3.77° ± 6.94, p = 0.006). There were no
significant differences in peak flexion or extension angles in the contralateral knee or
hip (Fig. 22B & C).
4.3.5 Forces
In order to get a full picture of force production and application, crank torques, resul-
tant forces (Fig. 23), effective force (Fig. 24) and index of effectiveness (Appendix A)
were all quantified. All comparisons were made between Baseline and the IB trials.
There were significant main effects for ipsilateral crank torques during IB trials in
Q1 (spanning 315-360° and 0-45°) (F(4,28) = 3.077, p = 0.032), however there were
no significant differences in pairwise comparisons of Baseline to IB trials (Fig. 23A).
There were no differences between ipsilateral crank torques in Q2-4 or contralateral
crank torques in any quadrant (Q1-4).
Resultant force is the total force applied to the pedal (as calculated from vertical
and anterior-posterior components). Resultant forces in the ipsilateral leg had signif-
icant main effects in Q2 and Q3 (F(4,28) = 3.492, p = 0.020 and F(4,28) = 6.451, p
= 0.001, respectively) (Fig. 23B, line plot). Post-hoc pairwise comparisons indicated
significantly higher integrated resultant force from Baseline in Q2 during IB4 (7.77%
higher, p = 0.045) and IB12 (7.07% higher, p = 0.028) (Fig. 23B, bar plot). Pairwise
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Figure 22: Mean kinematics ± standard deviations. (Caption next page.)
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Figure 22: Mean kinematics ± standard deviations of all subjects for the A.) an-
kle, B) knee, and C) hip. Higher angles indicate flexion and lower angles indicate
extension. Ipsilateral and contralateral limbs are denoted by a solid lines and dashed
lines respectively. Data is presented from baseline (black line) and after 0, 4, 12,
and 20 minutes of ischemic block (IB0, IB4, IB12, and IB20 respectively) (pink to
dark red lines). All data was normalized to neutral during standing as 0, and traces
represent the mean across 10 cycles for 8 subjects. Vertical dashed lines represent
quadrant boundaries (Q1-Q4). Significant main effects in mean peak extension or flex-
ion are denoted by:*p<0.05 for peak extension and flexion angles. Post-hoc analysis
revealed significant differences between baseline and IB trials in peak contralateral
plantarflexion only (A. shaded yellow). The subsequent pairwise post hoc analysis of
iEMG values comparing each IB trial to baseline is found directly underneath, also
with a yellow background. Horizontal black dashed lines indicate the mean value at
Baseline. (*p<0.05, Holm-Bonferroni corrected, significant difference from baseline
condition).
analysis for Q3 showed significantly higher integrated resultant forces from Baseline
during IB12 (14.70% higher, p = 0.039) and IB20 (11.37% higher, p = 0.020) (Fig.
23B, bar plot). There were no significant differences in Q1 or Q4 in resultant force of
the ipsilateral leg.
Resultant forces in the contralateral leg had significant main effects in Q1 and
Q2 F(4,28) = 12.020, p < 0.001 and F(4,28) = 3.072, p = 0.0032, respectively)
(Fig. 23B, line plot). Pairwise comparisons indicated significantly higher integrated
resultant forces from Baseline in Q1 during all IB trials: IB0: 38.79% higher (p =
0.002), IB4: 35.64% higher (p = 0.002), IB12: 26.16% higher (p = 0.003), IB20:
38.14% higher p = (0.005) (Fig. 23B, bar plot). Pairwise analysis for Q2 indicted
no significant differences for any IB trial with compared to Baseline (Fig. 23B, bar
plot). The bar plot was included to further illustrate these findings. No significant
differences were found in resultant forces in Q3 or Q4 for the contralateral limb.
Effective force is the amount of force applied tangential to the crank arm. The
timing of average contralateral minimum and maximum effective force applications
with respect to the ipsilateral limb appeared unchanged between Baseline and IB20
(Fig. 24).
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Figure 23: A.) Crank torque and B). Resultant forces (mean ± standard devia-
tion) during cycling at baseline (black line) and after 0, 4, 12, and 20 minutes of
ischemic block (IB0, IB4, IB12, and IB20 respectively) (pink to dark red lines). Data
represents the mean across 10 cycles for 8 subjects. Vertical dashed lines represent
quadrant boundaries (Q1-Q4). Significant main effects of integrated forces are de-
noted by: * and horizontal black bar spanning the quadrant, (*p<0.05). Quadrants
where post-hoc analysis revealed significant differences between baseline and any IB
trial are colored yellow. The subsequent pairwise post hoc analysis of iEMG values
comparing each IB trial to baseline is found directly underneath, also with a yel-
low background. Horizontal black dashed lines indicate the mean value at Baseline.
(*p<0.05, Holm-Bonferroni corrected, significant difference from baseline condition;
NS: no significance)
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Figure 24: Effective force (mean ± standard deviation) traces for for the ipsilateral
(solid lines) and contralateral limbs (dashed lines) during cycling at baseline (black)
and IB20 (dark red). Timing and amplitude of minimum and maximum contralateral




Previous cycling work shows that contralateral afferent feedback during extension
(most likely Ib afferents from Golgi-tendon organs) have an inhibitory effect on the
ipsilateral flexor motor output (Ting et al., 2000; Ting et al., 1998). We hypothesized
that contralateral deafferentation below the knee by way of ischemic nerve block would
cause disinhibition of these interlimb pathways and subsequent increase in ipsilateral
flexor activations. In the pursuit of testing this hypothesis we achieved, at a minimum,
unilateral, partial deafferentation below the knee and were successful in maintaining
the task mechanics of cycling in the ipsilateral leg, despite this neural perturbation.
This hypothesis, however, was not supported by our results, and in fact the ipsilateral
flexor motor out put instead decreased. Parsimoniously speaking, our results can most
likely be explained by the summed affect of all below-knee contralateral afferents
normally having a net facilitory effect on ipsilateral flexors rather than an inhibitory
one. Alternatively, increases in contralateral afferent feedback proximal to the knee
may have had an inhibitory effect on the ipsilateral flexors, however, this is less likely
due to the inconsistency in the timing of the response with previous work.
4.4.1 Verifying ischemic deafferentation
At minimum we achieved a partial below-knee deafferentation. The von Frey fil-
ament testing quantified cutaneous perceptual thresholds and verified a significant
degradation of afferent feedback for dermatomes S1 (associated with the plantarflexor
nerves), L4, and L5 (associated with the dorsiflexor nerves), beginning at minute 12
of the ischemic nerve block (Fig. 4). Specifically, the sural nerve, which branches
from the tibial nerve, innervates the S1 dermatome (Netter et al., 2002). The tibial
nerve branches in the popliteal fossa to innervate the medial and lateral gastrocnemii,
and soleus muscles. The superficial peroneal (fibular) nerve innervates the L5 der-
matome. The superficial peroneal (fibular) nerve is a branch of the common peroneal
86
nerve which, along with the deep peroneal (fibular) nerve, innervates the tibialis ante-
rior. The saphenous branch of the femoral nerve innervates the L4 dermatome. The
branches of the femoral nerve do not innervate any muscles below the knee. Previous
work shows that cutaneous sensation is degraded earlier than proprioceptive afferent
sensation, which is degraded earlier than motor output and control (Christensen et
al., 2007; Laszlo, 1967; Sinclair, 1948). Anecdotally contralateral ankle dorsiflexion
and plantarflexion decreased immediately following the application of the IB (Fig. 22,
minute 0), indicating deficits in control of the ankle joint. Due to the immediate ef-
fects of changes observed both in the contralateral and ipsilateral limbs, we speculate
that the responses were due to degradation of cutaneous and/or Ia afferent feedback.
We observed significant decreases in cutaneous feedback per von frey filament testing
following the IB0 trial, before IB4 (Fig. 22). By limiting plantarflexor action, Ia af-
ferent feedback can be immediately decreased via the application of a blood pressure
cuff below the knee (Leukel et al., 2009).
4.4.2 Maintaining task mechanics
It was important to maintain the mechanics between Baseline and IB20, especially
on the ipsilateral side, in order to rule out mechanical contributions to changes in the
ipsilateral motor output. Despite contralateral deafferentation, the task mechanics
of the ipsilateral side were well maintained. This is not surprising given the lower
limbs abilities to perform well coordinated yet varied locomotor tasks such as hybrid
walking (legs moving in different directions) and split belt treadmill walking (Choi
and Bastian, 2007).
Minimizing deviations in crank offset from the goal (being 0° crank offset) was
important to maintain task mechanics. Interlimb pathways can be affected by devi-
ations in crank offset (Alibiglou and Brown, 2011; Alibiglou et al., 2009). Studies
systematically altering and locking in crank offset show changes in muscle activity
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and onset/offset timing. For this reason, we only analyzed cycles where the maxi-
mum crank offset was no more than ± 30°, however the mean crank offset was far
less during Baseline (-7.12° ± 2.95) and IB20 (-2.91° ± 6.89) (Fig. 5A). Since EMG
amplitude was expected to change with the onset of ischemic block, we visually in-
spected the onset/offset timing of our EMG signals (Fig. 18-21) to verify whether
there was an effect of the deviations in crank offset. Our signals showed no notable
changes between onset/offset timing between the Baseline and IB20 trial. Perhaps
more importantly, the timing of contralateral maximum and min effective force ap-
plication with respect to ipsilateral limb angle remained consistent between Baseline
and IB20 (Fig. 24). This further supports that the small temporal changes in crank
offset from Baseline to IB20, did not markedly affect the task mechanics of bilateral
pedaling or confound the motor output results of the ipsilateral leg.
Overall kinematic trajectories remained consistent between Baseline and IB20
for all joints except the contralateral ankle (Fig. 22). In the contralateral limb,
maximum ankle plantarflexion was significantly different during IB20 from Baseline
(Fig. 22A-B). Deficits in motor control of the joint distal to the IB (contralateral
ankle) were expected due to loss of proprioception and cutaneous feedback (Laszlo,
1967). Furthermore, the deficits in ankle range of motion further limit the Ia afferent
feedback from below the knee thats integrated at a spinal level (Weiss et al., 1986).
4.4.3 Below-knee contralateral afferents have a net facilitory effect of the
ipsilateral flexors
We determined that contralateral, below-knee, ischemic deafferentation during cy-
cling results in in a selective decrease in ipsilateral flexor motor output (iEMG of
tibialis anterior and rectus femoris in Q1) (Fig. 21). These results were contrary to
our hypothesis, and suggest the below-knee, contralateral extensor afferents may have
a net facilitory effect on the ipsilateral flexors rather than an inhibitory one. This
net facilitory effect suggests that, during the cycling task under Baseline conditions,
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the contralateral afferents below the knee may either excite or disinhibit the ipsilat-
eral flexors. Since the below-knee ischemic nerve block resulted in at least partial
deafferentation of the plantarflexors, dorsiflexors, and cutaneous afferents, we cannot
decipher their individual contributions to the net excitatory effect on the ipsilateral
flexors, nor the level of the central nervous system in which they occur (i.e. cortical
or spinal).
There is precedence for crossed limb facilitory effects onto ipsilateral flexors during
walking. In humans, increasing contralateral plantarflexor feedback shows a concur-
rent increase in ipsilateral dorsiflexor muscle activations (Berger et al., 1984). Tread-
mill acceleration during contralateral stance (single limb support), results in con-
tralateral increases in plantarflexion and gastrocnemius activations. Concurrently,
ipsilateral tibialis anterior activations increase as a result during swing phase. The
same response in the swing limb was evoked by contralateral tibial nerve stimula-
tion during single limb support. Our results suggest that these previous findings
may be due in part to neural interlimb coordination with below-knee contralateral
extensor muscles facilitating ipsilateral flexor muscle activation rather than merely
a mechanical compensation to the perturbations applied during walking. Previous
work has also demonstrated crossed limb increases in flexor muscle activation from
cutaneous stimulation. High frequency contralateral skin stimulation consistently
results in increased hindlimb flexion in deafferented cats (Gauthier and Rossignol,
1981). However the contralateral response is phase dependent, which increases in
contralateral flexion only occurring during swing phase. It is important to note that
the effects of cutaneous afferents are task (Duysens et al., 1993) and phase dependent
(Gauthier and Rossignol, 1981; Haridas and Zehr, 2003; Yang and Stein, 1990). Given
that increases in contralateral below-knee muscle and cutaneous afferent feedback can
elicit increases in ipsilateral flexor activations, it is well within the realm of possibility
that contralateral below-knee afferents could have a net facilitory effect on ipsilateral
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flexors.
4.4.4 Alternative explanation for decreases in flexion-to-extension (Q1)
tibials anterior and rectus femoris muscle activations
Reductions in ipsilateral flexor muscle activations could alternatively be explained
by increases in contralateral afferent feedback proximal to the knee inhibiting the
ipsilateral flexors. Despite no increase in contralateral crank torque (Fig. 23A), we
did observe a significant increase in contralateral resultant force production (Fig.
23B) in Q1 beginning at IB0. Ting, et al. showed ipsilateral tibialis anterior and
rectus femoris muscle activations decrease during flexion phase (Q4) of pedaling,
when high rhythmic contralateral extensor force (∼ 300N) is generated concomitantly
in comparison to low rhythmic extensor force (just above leg weight)(1998, 2000).
Studies in walking rats have indicated contralateral extensor muscle afferents (most
likely force-dependent Ib afferents) presynaptically inhibit ipsilateral flexor muscle
afferents (Hayes et al., 2012; Hochman et al., 2013). Inhibition of the ipsilateral
flexor afferents could thus lead to a decrease in flexor muscle output. This provides
an alternative, but less likely explanation for our results, as the operation of this
circuit in isolation is not expressed in our findings. Nevertheless, the activation of
this circuitry is not mutually exclusive from the proposed net facilitory effect of
contralateral, below-knee afferents on ipsilateral flexor muscle activations.
Our observed increase in contralateral resultant force production could translate
into increases in extensor afferent feedback above the knee, however the modulation of
the ipsilateral tibialis anterior and rectus femoris muscle activations occurred during
flexion-to-extension quadrant (Q3) (Fig. 22), not during the flexion quadrant (Q4) as
reported by Ting and colleagues (1998, 2000). Additionally, timing and amplitude of
effective force application also remained consistent on the contralateral side (Fig. 24)
and Ting et als previous work. The inconsistent phasing of modulations to ipsilateral
flexor muscle activations make it unlikely that our findings are due exclusively to
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increases in contralateral extensor afferents.
There were also no significant changes in the contralateral extensor muscles proxi-
mal to the IB (vastus lateralis, and gluteus maximus) (Fig. 21B) during IB trials with
respect to Baseline conditions. These muscles contribute to power production during
leg extension in cycling and maintained afferent feedback during this study due to
their proximal location with respect to the IB. However, increases in motor evoked
potentials in muscles proximal to an ischemic block or following amputation are well
documented in the literature, occurring in both the arms and legs (Brasil-Neto et al.,
1992; Brasil-Neto et al., 1993; McNulty et al., 2002; Vallence et al., 2012; Ziemann et
al., 1998). This is attributed to increases in cortico-spinal excitability, most likely at
the cortical level, since H/M ratios (Hoffman-reflex/M-wave) measured proximal to
an IB indicating spinal α-motor neuron pool excitability have remained unchanged
despite the onset of IB (Brasil-Neto et al., 1993; Leukel et al., 2009; Vallence et al.,
2012). Hence, the lack of increased proximal activations we observed is not consis-
tent with the literature. This discrepancy could be attributed to the high variability
of dynamic EMG in comparison to motor evoked potentials affecting our statistical
power, as contralateral vastus lateralis activations appeared higher, but did not show
significance during extension (0-180°, p = 0.175).
4.4.5 Intralimb response to ischemic deafferentation
There is also a within-limb response of significantly lower contralateral biceps femoris
long head activations during the transition from extension to flexion (Q1) and lateral
gastrocnemius activations during flexion (Q4). Sural nerve stimulation during stance
elicits both an increase and decrease in biceps femoris long head activations during
forward and backward pedaling, respectively (Hoogkamer et al., 2012). Since ham-
string activation phasing in forward pedaling is similar to that of backward walking
(Ting, 1997), it would not be surprising that a lack of cutaneous sensation during
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forward pedaling would results in a subsequent drop in biceps femoris long head acti-
vation. The decrease we observed in lateral gastrocnemius activations after the onset
of IB, could be explained by the significant reduction in plantarflexion (Fig. 22A)
and/or a pressure-induced reduction in Ia afferents caused by the blood pressure cuff
(Leukel et al., 2009). Previous work postulates the application of pressure to the mus-
cles below the knee via blood pressure cuff, immediately reduces Ia afferent feedback
by increasing the Achilles tendon contributions to stretch, thus limiting the actual
plantarflexor fascicle stretch.
The increase in ipsilateral gluteus maximus muscle activations seen in Figure 19,
could be an intralimb compensatory response to the decrease in tibialis anterior and
rectus femoris muscles activations. The gluteus maximus muscle is a primary extensor
in pedaling, normally active from 0-180 (Raasch, 2007; Zajac, 2003). The reduction in
ipsilateral tibialis anterior and rectus femoris muscle activations (Fig. 18) leads to a
lower crank torque (Fig. 23A) in the same flexion to extension pedaling phase (Q1).
The gluteus maximus muscles significant increase in activation in the subsequent
extension quadrant (Q2) is most likely to make up for insufficient power application
in Q1 (Fig. 23A). Alternatively it could be an interlimb compensation for reduced
afferent feedback from the contralateral plantarflexors. The average ipsilateral crank
torque in Q2 trending towards increasing over that of Baseline, (Fig. 9B), and the
significantly higher ipsilateral resultant force in Q2 and Q3 over Baseline (Fig. 23C),
can most likely be attributed to the increased action of the gluteus maximus muscle.
4.4.6 Conclusions
We suspected an imbalance in the stance phase extensor afferent feedback and swing
phase flexor muscle activations of the limbs may act to trigger the spontaneous tran-
sition from walking to running. Although our hypothesis that flexor motor output
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would increase was not supported, we did observe contralateral afferent feedback de-
pendent modulations of ipsilateral flexor motor output. To our knowledge, this study
provides the first investigation into the net effects in humans of contralateral below-
knee afferent feedback on ipsilateral muscle coordination, independent of ipsilateral
mechanical compensations during locomotion. In conclusion, unilateral below-knee,
ischemic deafferentation has significant effects on both inter and intra-limb motor
output. The net interlimb effect is a significant decrease in flexor muscle activations
(tibialis anterior and rectus femoris) during the transition from flexion to extension
in pedaling (Q1). There is also a within-limb response of significantly lower biceps
femoris long head activations during the transition from extension to flexion (Q3) and
lateral gastrocnemius activations during flexion (Q4). Due to the rapid time course of
these responses (within 0-4 minutes of IB onset), we speculate that cutaneous and/or
Ia afferents may have a more substantial role in the interlimb coordination of the legs




Afferent feedback is important for modulating locomotion and maintaining stabil-
ity. Studying locomotor extremes and applying perturbations to normal locomotion
allows us to probe the effects of afferent feedback on the control of normal gait. In-
vestigating the walk-to-run gait transition specifically provides a unique locomotor
event to investigate the fundamental determinants of legged locomotion (walking or
running) and identify the sensory inputs important to the ongoing neuromuscular
control of walking and running.
5.1 Major findings
The first goal of this dissertation was to investigate the contributions of plantarflexor
muscles during stance (Aim 1) and flexor muscles during swing (Aim 2) to the walk-
to-run transition. To accomplish this I used unilateral, transtibial amputee subjects
as a means to assess the affects of unilaterally eliminating plantarflexor propulsive
force production and below-knee flexor activation on the walk-to-run transition speed.
The main objective of Aim 1 was to determine the preferred gait transition speeds of
unilateral, transtibial amputee subjects, and the influence of kinetics on the walk-to-
run gait transition speed. Unilateral, transtibial amputee subjects transition between
gaits at a lower speed than able-bodied controls and are still able to generate higher
propulsive forces walking at speeds above their preferred gait transition speed. This
finding indicates that their walk-to-run transition is not likely dictated by the force-
length-velocity characteristics of the intact plantarflexor muscles. Thus, as an experi-
mental model, unilateral, transtibial amputee subjects can provide unique insights for
decoupling the previously identified performance limit of plantarflexor muscles from
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the preferred gait transition speed in order to probe other potential determinants.
The main objective of Aim 2 was to quantify the muscle activation during walk-
ing and running gaits relative to the walk-to-run gait transition speed for unilateral,
transtibial amputee subjects. The swing phase tibialis anterior muscle activation is
a major determinant of the walk-to-run transitions in unilateral, transtibial amputee
subjects. Swing phase dorsiflexion moments alone do not explain these results and
additional work is necessary to probe potential mechanical and neural explanations.
Furthermore, in unilateral, transtibial amputee subjects, swing-phase rectus femoris
and biceps femoris long head activations and their respective joint moments are a
function of changes in absolute speed and thus not indicative of their significantly
lower gait transition speed.
The second goal of this dissertation was to probe the potential contributions of
afferent feedback to the underlying neuromuscular mechanism ultimately responsible
for the transition (Aim 3). The main objective of Aim 3 was to evaluate the effects
of contralateral sensory loss on the motor output of the ipsilateral leg. Unilateral
below-knee, ischemic deafferentation has significant effects on both inter- and intra-
limb motor output. The net effect of contralateral sensory loss below the knee is a
significant decrease in ipsilateral flexor muscle activations during the transition from
flexion to extension in pedaling (Q1). Due to the rapid time course of these responses,
I speculate either i) contralateral below-knee afferents (most likely Ia and/or cuta-
neous) have a net excitatory effect on the ipsilateral flexor muscles or ii) contralateral
above knee afferents (most likely Ib) have an inhibitory effect on the ipsilateral flexor
muscles. I suspect Ia and cutaneous afferents may have a more substantial role in
pedaling locomotion and potentially the walk-to-run gait transition than initially
thought. As I did not explicitly test whether a discrepancy in the stance phase ex-
tensor afferent feedback and swing phase flexor muscle activations between the legs
causes the walk-to-run gait transition, future investigations of this should consider
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the individual effects of cutaneous, Ia, and Ib feedback from contralateral extensors
onto ipsilateral flexors.
5.2 Implications to the investigations of walk-to-run gait
transition
Per my investigations, it appears as though the walk-to-run transition is influenced
differentially by variables depending on the dynamics of the system. Thus, I suspect
the previously discussed Extensor hypothesis (Arnold et al., 2013; Farris and Sawicki,
2012a; Neptune and Sasaki, 2005)) and Flexor hypothesis (Ivanenko et al., 2008;
Malcolm et al., 2009b; Prilutsky and Gregor, 2001), are not mutually exclusive. Pires,
et al. proposed a mechanical cascade during stance influencing the gait transition,
in that as walking speed increases, mechanical limits of the ankles cause subsequent
unfavorable compensations at the hip (2014). I suspect that contralateral stance
phase extensors and ipsilateral swing phase flexors may be tied together via a similar
cascade, but neurally modulated via afferent feedback from the contralateral extensors
affecting motor output of ipsilateral flexors.
Bartlett and Kram found that selectively perturbing the demand on dorsiflexors,
plantarflexors, and hip flexors resulted in altered walk-to-run transition speeds, how-
ever perturbing multiple muscle groups at once did not produce a summative effect.
They introduced the theoretical framework that a critical threshold of influence must
be met in order for the walk-to-run transition to occur, in which an ultimate, under-
lying trigger can be influenced by various muscle groups, whose impact can change
with walking conditions (e.g. incline walking). I suspect that the ultimate, under-
lying trigger for the walk-to-run transition is strongly influenced by the interlimb
coordination of extensor afferent feedback and flexor muscle activations.
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5.2.1 Aim 1 implications
Propulsive force production appears to always peak at ∼2.1 m/s regardless of the
subject population and gait transition speed. I observed this in able-bodied subjects,
unilateral, transtibial amputee subjects subjects (Aim 1), and a single bilateral am-
putee subject I collected pilot data from using the same protocol as in Aim 1 (Fig.
25A). I suspect that this is due to the pendular dynamics of walking (Kram et al.,
1997). This is supported by ability of simplistic compass gait models to accurately
predict changes in gait transition speeds with changes in incline (Hubel and Usher-
wood, 2013). However, modulations in afferent feedback from the plantarflexors at
high walking speeds, due to their unique force-length-velocity characteristics may still
affect the bilateral coordination and contribute to the walk-to-run gait transition. As
my Aim 3 investigation demonstrated, unilateral manipulation of afferent feedback
has a significant effect on interlimb muscle coordination and amplitude.
5.2.2 Aim 2 implications
Rectus femoris and biceps femoris long head muscle activations during swing phase
also appeared to be tied to changes in absolute speed changes, as critical divergent
points for both were identified at similar absolute speeds in able bodied controls and
unilateral, transtibial amputee subjects (Aim 2). Tibialis anterior muscle activation
was the only tested variable that significantly corresponded with the walk-to-run tran-
sition speed in both able-bodied controls and unilateral transtibial amputee subjects.
However that does not mean that limits in plantarflexor force production and flexor
muscles (those measured and unmeasured) did not substantially contribute to the
able-bodied walk-to-run transition, and possibly the unilateral transtibial amputee
walk-to-run transition.
Although I concluded that the tibialis anterior is of major importance in both
unilateral transtibial amputee subjects and able-bodied subjects, that is not to say
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Figure 25: Bilateral, transtibial amputee pilot data (n=1). A)Peak propulsive force
production normalized to body weight. B) Swing phase muscle activations. C) Stance
phase muscle activations. Data presented is for the right (blue) and left (black) legs
during walking (solid lines) and running (dashed lines). Yellow ovals and circles
indicates areas on interest discussed in the text. 100% Gait transition speed indicates
2.1 m/s.
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that the activation levels of one muscle is ultimately responsible for the walk-to-run
gait transition. Work by Prilutsky and Gregor (2001) reported that total sums of
stance- and swing-related muscle activations, exhibited the characteristics of a criti-
cal divergent point (as defined in Aim 2), and corresponded with previously reported
changes in perceived exertion during walking and running (Hreljac et al., 2002; No-
ble et al., 1973). This was later corroborated by estimations of mean lumbosacral
alpha motor neuron activations during walking and running with respect to the gait
transition (Ivanenko et al., 2008). Additionally, the researchers found this pattern to
hold true despite removing any one muscle from the mean of all activations. This is
further corroborated by pilot data I collected from a bilateral, transtibial amputee,
following the same protocol used in Aim 2. Despite the bilateral amputees complete
lack of functional tibialis anterior muscles, he was still able to transition between a
walk and a run.
5.2.2.1 Bilateral amputee pilot work
Cursory assessment of walking and running muscle activations of the bilateral, transtib-
ial amputee, shows swing-phase rectus femoris and biceps femoris long head muscle
activations do not have critical divergent points (Fig. 25B, yellow ovals). Despite
similar gait transition speeds, this is not consistent with our findings in able-bodied
control subjects (Aim 2). The stance-phase activations of rectus femoris, biceps
femoris long heard, and vastus lateralis do exhibit a marked increase in activations
during walking beginning at 110% GTS in comparison to 100% GTS (Fig 25C, yel-
low circles), however not so much so that it creates a critical divergent point with
respect to running activations. Interestingly, the bilateral, transtibial amputee tran-
sitioned between gaits at 2.1 m/s, remarkably close to the average transition speed in
able-bodied subjects in Aim 1 (2.09 m/s). Also consistent with able-bodied subjects,
propulsive force production during walking peaked at 100% GTS (Fig. 25A). Given
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that bilateral, transtibial amputee subjects do not have functional plantarflexor mus-
cles, their propulsive force production at speeds above ∼2.1 m/s must be limited by
something other than intrinsic architectural limits of the plantarflexors, as previously
shown in able-bodied subjects (Arnold et al., 2013; Farris and Sawicki, 2012a; Lai et
al., 2015; Neptune and Sasaki, 2005). Although, the bilateral, transtibial amputee
results add an interesting element to this thesis work, ultimately the results from one
subject must be interpreted cautiously and can not provide a basis for drawing final
conclusions.
5.2.3 Aim 3 implications
In Aim 3 I assessed the effects of contralateral below-knee sensory loss on the motor
output of the ipsilateral leg. The results from this investigation provide further sup-
port for the immediate and substantial effects that contralateral changes in afferent
feedback can have on ipsilateral muscle activations, specifically the swing phase-flexor
muscles. Ultimately I attempted to reconcile two major hypotheses in the litera-
ture regarding the walk-to-run transition by proposing the underlying neuromuscular
mechanism involved a force feedback-dependent inhibition (from contralateral below-
knee extensors) of swing phase flexor muscle activations. The findings that above-knee
extensor afferents and below-knee extensor afferents may have a net inhibitory and
facilitory effect on ipsilateral flexor muscles, respectively, does not clearly reconcile
the aforementioned Extensor hypothesis & Flexor hypothesis of the walk-to-run tran-
sition. However, our investigations (Aim 2) support that a critical level of muscle
activation, especially from the tibialis anterior (a flexor muscle) is very important to
walk-to-run transition (Aim 2). Thus, any influence extensor afferents may have on
flexor muscle activations will in turn have an effect on the walk-to-run transition.
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5.3 Discussion of possible afferent effects on interlimb co-
ordination
Previous ischemic nerve block studies have indicated approximately a 15-20 minute
timeline necessary to induce suppressions of Ia and Ib afferent feedback with applica-
tion of a blood pressure cuff (Berger et al., 1984; Dickey and Winter, 1992; Dietz et
al., 1979; Laszlo, 1967). Our results surprisingly indicated immediate affects on affer-
ent feedback after the application of the contralateral ischemic block (Aim 3). This
is evident by the significant decrease in ipsilateral rectus femoris activations at IB0
(Fig 18). Quantification of cutaneous sensation with von Frey Filaments indicated
reductions in feedback as soon as the first assessment after the ischemic block was
applied (Fig. 16, pre-IB4). Reductions were significant for the L5 dermatome begin-
ning at pre-IB4, and for the S1 and L4 dermatomes beginning at pre-IB12. However,
due to the immediate (within ∼1 minute of application of the blood pressure cuff)
changes in muscle activations I observed, it appears that our results could also be
attributed to changes in feedback from afferents (most likely Ib) from muscles above
the IB, (located above the knee) as well as other afferents below the knee (most likely
Ia). Potential contributions of afferent types to my results are discussed in this sec-
tion. It is important to remember that effects to afferent input are both task and
phase dependent (Zehr, 1999), hence my extrapolating any functional relevance from
responses observed during cycling onto other forms of locomotion (walking, running,
etc) are done so speculatively.
5.3.1 Increase in afferent feedback of knee and hip extensors
Ting et al. previously identified reductions in ipsilateral tibialis anterior and rec-
tus femoris activations due to increases in extensor force production during pedaling
(1998; 2000). They proposed the spinal locomotor central pattern generator for ped-
aling included inhibitory crossed limb connection between contralateral extensor and
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Figure 26: Proposed CPG organization. A) 1: Inhibitory interlimb coupling origi-
nally described by Ting et al., between extensor half centers (Ext) and contralateral
flexor half centers (Flex)(organization of figure in black adapted from Ting et al.,,
1998). 2: Proposed crossed limb inhibition between above-knee (AK) Ext and con-
tralateral Flex(orange); 3: Proposed crossed limb facilitation between below-knee
(BK) Ext and contralateral Flex(green); 4: Ipsilateral inhibition of Ext and Flex half
centers B) Graphical representation of location for each component of the control
model. From top to bottom: brain/ cortical level; spinal level; left and right legs C.
Proposed effect of right leg below-knee IB as in Aim 3. 1: Increased AK inhibition;
2: Decreased BK facilitation.
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ipsilateral flexor half centers (Fig. 26A, black,1). The immediate changes I observed
may also have been due to an increase in afferent feedback of knee and hip extensors
(most likely from force-dependent Ib afferents). Resultant force production increased
significantly after the onset of the ischemic block (Fig. 23B, beginning at IB0). Al-
though this significant increase was relatively small in comparison to the magnitude
of total force proxduction, it cannot be dismissed. In line with the increase in re-
sultant force production, I anecdotally observed increases in vastus lateralis muscle
activations, which act to direct force during extension (Zajac et al., 2003), however
the differences observed were not significant (p = 0.175). Increases in cortico-spinal
excitability of muscles proximal to the IB, could also have contributed to the increase
in force production and thus Ib afferent feedback (Brasil-Neto et al., 1992; Brasil-Neto
et al., 1993; McNulty et al., 2002; Vallence et al., 2012; Ziemann et al., 1998). The af-
ferent feedback below the knee was substantially degraded by an ischemic nerve block
during my Aim 3 investigation. Thus, I propose a crossed limb inhibition pathway
between Ext and contralateral Flex is mainly due to extensor afferents from muscles
above the knee (AK) (Fig. 26C, orange,1).
5.3.2 Reduction in afferent feedback below the knee
The below-knee (BK) contralateral afferent feedback (most likely Ia and/ or cuta-
neous), was reduced by the ischemic block in Aim 3. A crossed limb facilitation
pathway between below-knee Ext and contralateral Flex could also account for the
decrease in ipsilateral flexor activation we observed (Fig. 26C, green,2). I speculate
the immediate changes observed in motor output may be due to a reduction in Ia
afferent feedback as a result of the pressure applied to the plantarflexors by the cuff,
rather than ischemic deafferentation. Background EMG from tibialis anterior and
soleus muscles do not increase with the onset of an ischemic block, indicating that
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the ischemic block itself does not alter their respective motor neuron pool excitabil-
ities (Leukel, 2009). Simply applying and inflating a blood pressure cuff below the
knee, shows an immediate (within 5 seconds of cuff application) reduction in short
latency response (SLR) to stretch in the soleus muscle (Leukel et al., 2009). The
SLR is thought to be mediated by Ia afferents (Eccles et al., 1962; Gillies et al., 1969;
Hagbarth et al., 1973), thus a reduction in SLR implies a reduction in Ia afferent
feedback. Leukel et. al proposed a mechanism to explain this immediate response
(2009). Before the blood pressure cuff is inflated below the knee, dorsiflexion elicits
normal muscle-tendon complex dynamics. However, upon inflation of the cuff, the
underlying muscles (plantarflexors) may be restricted and dorsiflexion could result in
an increased lengthening of the Achilles tendon. This would result in a reduction in
actual muscle stretch and subsequent Ia afferent feedback.
Previous literature has indicated manipulating cutaneous afferent feedback can
effect muscle activations during locomotion. Looking across the limbs, contralateral
sural nerve stimulation during stance- phase of walking causes an increase in ipsilateral
tibialis anterior activation (Hoogkamer et al., 2012). A reduction in contralateral sural
nerve feedback at onset of ischemic block could have relevance to the subsequent
decrease I observed in ipsilateral tibialis anterior muscle activations. As reductions
in cutaneous afferent feedback were directly observed in Aim 3, I am confident a loss
of cutaneous feedback had an effect. The magnitude of that effect however, cannot
be determined and may have been overpowered by changes in other afferents.
5.3.2.1 Proposed functional relevance of below-knee extensor muscles facilitating
ipsilateral flexor muscles
I postulate this facilitation from below-knee extensors onto contralateral flexors could
have functional relevance in gait for an anticipatory activation of flexor muscles pre-
ceding heel-strike to increase ankle joint stiffness. Our results of Aim 3 show a
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significant reduction in the ipsilateral tibialis anterior and rectus femoris muscle acti-
vations during quadrant 1 (the flexion to extension transition), which can be likened
to terminal swing/early stance in walking. The below-knee afferent feedback from the
contralateral limb during stance may cause an excitation of ipsilateral flexor muscles
during terminal swing phase. Appropriate joint stiffness upon heel strike and weight
acceptance is important to energy absorption (Ogawa et al., 2014). It is important
to note that as walking speed increases, generally so does the collisional force (Aim
1). Interestingly, in a simulation study of a bipedal model with compliant joints,
adjusting ankle stiffness during walking induced gait transitions between other forms
of compliant walking (walking with altered mechanics) (Huang and Wang, 2012).
This research indicated that ankle stiffness is important to gait selection in bipeds.
Whether or not plantarflexor Ia afferent feedback increases with walking speed is not
clear in the literature (Cronin et al., 2009; Sinkjaer et al., 1996; van der Krogt et al.,
2009). Regardless, the probability of changes in Ia feedback being due to changes in
the soleus muscle lengthening during level walking is unlikely, as modeling and in vivo
investigations have confirmed it is mainly isometric during stance phase of walking
to exploit elastic energy storage in the tendon (Ishikawa et al., 2005; Lai et al., 2015;
Zajac et al., 2003). However, during down slope walking in cats, soleus and medial
gastrocnemius muscle fascicles significantly increase length and velocity (Maas et al.,
2009), resulting in an increase of Ia afferent feedback (Abelew et al., 2000; Gregor
et al., 2006; Sabatier et al., 2015). Thus our results could be pertinent to aiding
interlimb coordination during downslope walking.
5.4 Limitations & future directions
5.4.1 Prosthetic componentry
The prosthetic componentry of subjects in Aim 1 and Aim 2 was not standardized.
Variability of stiffness in prosthetic feet can alter muscle activations in both the
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intact and residual limbs (Fey et al., 2013). Although standardizing prosthetic foot
componentry would be ideal, providing the necessary hardware and clinical services,
as well as waiting the lengthy adaptation period to a new device made this approach
unreasonable and unnecessary to test our hypothesis. Instead, I limited our inclusion
and exclusion criteria to pick a relatively homogenous subject pool with respect to
prosthetic device type (included passively-elastic; excluded Solid-Ankle Cushion Heel
(SACH) and powered ankle feet) and activity level(recreationally or competitively fit)
to minimize intersubject variability. I am confident only including passively-elastic
prosthetic devices maintained the homogeneity of the subject pool, as the variability
in our amputee EMG and kinematic data was comparable to that of our control
subjects.
5.4.2 Anterior-posterior propulsive force production as an analog to plan-
tarflexor force production
In Aim 1, I make the assumption that anterior-posterior propulsive force production
is indicative of the intact side plantarflexor force production in unilateral, transtibial
amputee subjects. This is a very reasonable assumption for able-bodied subjects,
as plantarflexor muscles have been shown to be the major source of propulsive force
production during walking (Anderson and Pandy, 2003; Kepple et al., 1997; Neptune
et al., 2001; Neptune et al., 2004; Silverman and Neptune, 2012; Zajac et al., 2002,
2003). Additionally, modeling and experimental studies indicate that decreases in
anterior-posterior propulsive force production at higher than normal walking speeds
is due to limitations of the force-length-velocity characteristics of the plantarflex-
ors (Arnold et al., 2013; Farris and Sawicki, 2012a; Lai et al., 2015; Neptune and
Sasaki, 2005). I was not able to directly assess changes in intact side plantarflexor
muscles’ contractile behavior at high walking speeds in the unilateral transtibial am-
putee subjects. Thus, despite their intact side increases in propulsive force production
during walking at higher than normal speeds (Fig. 3A), I did not directly observe
106
that the force-length-velocity characteristics of the intact side plantarflexors were
not a limiting factor resulting in their lower gait transition speed. In comparing
able-bodied subjects to unilateral, transtibial amputee subjects intact side, previ-
ous modeling work indicates similar contributions of the soleus and gastrocnemius
muscles to propulsion (Silverman and Neptune, 2012). However to our knowledge
no one has quantified the series elastic element and muscle fascicle contributions to
plantarflexor force production in AMP subjects. Future investigations of unilateral,
transtibial amputee subjects should dissociate the contributions of the plantarflexor
muscle-tendon complex (series elastic element and muscle fascicle) to force produc-
tion, specifically during increasing walking speeds. This could be accomplished with
the use of at musculoskeletal model or an in vivo assessment with ultrasonography
during walking at constant velocities above preferred walking speed and above the
walk-to-run transition speed.
5.4.3 Deciphering contributions of afferent feedback to interlimb coordi-
nation
Although the results of Aim 3 are intriguing, the conclusions that can be drawn from
them are limited due to ambiguity in the exact source of the contralateral afferent
feedback affecting the ipsilateral side. I have identified methodological considerations
that should be accounted for in future studies using the mechanically decoupled cycle
ergometer to pin point the underlying circuitry responsible for our results.
One of the major limitations of our investigation was the increase in contralateral
force production after the ischemic block was applied. Future investigations need to
account for or prevent this from occurring. Providing real-time visual feedback of
resultant force output to subjects, specifically in the flexion-to-extension and exten-
sion phases (Q1 and Q3, respectively) during pedaling could account for this. An
additional investigation to verify the mechanism of immediate Ia feedback suppres-
sion via application of a blood pressure cuff below the knee is necessary if I plan on
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utilizing it in future investigations. The proposed mechanism by Leukel et al. (2009),
is that the reduction in Ia feedback is due to decreased plantarflexor muscle fascicle
lengthening. This could be verified by in vivo assessments of muscle fascicle shorten-
ing by ultrasonography during dorsiflexion. Additionally all of our collections once
the ischemic block was applied were during bilateral pedaling. This prevents us from
knowing whether the changes in motor output we saw were locomotor dependent. All
future investigations should include unilateral pedaling trials for each condition.
Previous work by Ting et al., has demonstrated that increases in contralateral
force output during extension results in ipsilateral reductions in flexor motor output.
Future investigations should focus on systematically assessing the effects of modulat-
ing Ib, Ia, and cutaneous afferents individually and in tandem. Potential conditions
to accomplish this include: load manipulation (Ib), Achilles tendon vibrations and/or
blood pressure cuff application (Ia), and lidocaine injections (cutaneous). Further-
more assessment of Hoffman-reflex and/or plantarflexor muscle fascicle shortening
(via ultrasonography) during each condition would be ideal to verify changes in Ia
excitability and plantarflexor mechanics. Defining the afferent inputs that contribute
to the excitability of swing phase flexors muscles will provide insights into the neural
interlimb connections of the legs. Subsequent investigations of the walk-to-run gait
transition speed should use these insights in developing conditions to unilaterally and
bilaterally perturb extensor afferents and flexor muscle demands.
5.5 Clinical relevance
This research presented in this dissertation has clinical applications to prosthetic
device development and gait rehabilitation strategies.
Currently, the field of prosthetics is attempting to advance technology and design
of lower extremity prosthetic devices to most accurately and efficiently mimic able-
bodied human gait. A key facet to this is the ability for amputee subjects to both
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walk and run with the same device. However, this is being attempted with limited
information due to the paucity of scientific knowledge regarding gait transitions in
amputee subjects. Due to high cost and insurance restrictions, most lower limb am-
putee subjects are restricted to only one device (per amputation) (Mitka, 2008): an
everyday walking prosthesis with a heel component and foot covering for daily ambu-
lation. J-shaped, carbon fiber blades characteristic of running-specific prostheses are
ideal for running, as they significantly lower heart rate and oxygen consumption when
compared to walking prosthesis, to levels consistent with those of able-bodied con-
trols (Brown et al., 2009). Presently, prosthetic design is migrating toward powered
biomimetic components, which have also been shown to decrease oxygen consumption
as compared to traditional walking prostheses (Herr and Grabowski, 2012). However,
these powered prosthetic foot-ankle components currently only allow for walking,
which is not surprising since the gait transition has long been a stumbling block in
the field of legged robotics (Aoi et al., 2012). Furthermore, sensory feedback and in-
terlimb coordination have been completely neglected in prosthetic devices. Currently
neuromechanics-based orthotic exoskeletons are being developed for use in the stroke
population (Takahashi et al., 2015). These exoskeletons utilize myoelectrical control
via the stroke patients’ paretic soleus muscle to proportionally modulate timing and
magnitude of plantarflexor assistance as needed during the propulsive phase of the
gait cycle. To my knowledge, my work in Aim 1 is the first study to characterize
the gait transitions in unilateral transtibial amputee subjects. In Aim 2 I identi-
fied the tibialis anterior muscle activations as a key determinant of the gait selection
of unilateral, transtibial amputee subjects and able-bodied controls. These findings
provide foundational data for the development of more robust lower limb prosthetic
devices to include both walking and running. Given my results, I propose a possible
way to account for interlimb coordination and facilitate smooth transitions between
gaits would be to use intact leg tibialis anterior activations as a reference input to a
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powered ankle-foot devices control algorithm.
To strategize appropriate gait rehabilitation strategies, understanding the inter-
action between mechanical compensations and neural pathways that govern intra-
and interlimb coordination during locomotion is of great importance. Pinpointing
how deficits or abundance of specific afferent signals effect motor output uni- and
bi-laterally can improve our understanding of biomechanical gait compensations in
pathological populations. My work is especially pertinent to pathologies that manifest
with unilateral deficits, such as in hemiparesis resulting from stroke, cerebral palsy,
and spinal cord injury, as well as musculoskeletal trauma. Although my work has
not identified specific connections per say, it provides a foundational basis for future
investigations. Specifically, my results in Aim 3 are most likely due to an increase in
Ib afferent feedback from muscles proximal to the ischemic block or a decrease in Ia
and/or cutaneous afferent below the knee and require additional investigation.
Another interesting finding of potential clinical importance was the increase in
ipsilateral gluteus maximus muscle activations after ischemic block (Aim 3). As
this could be indicative of an interlimb pathway affected by the contralateral side
below-knee deafferentation, providing a neural mechanism to explain pathological
gait compensations. Previous studies have found that energy lost during the heel
strike collision, must be made up in order to continue steady walking (Garcia et al.,
1998; Kuo, 2002). The most energy efficient strategies to accomplish this is through
either increased hip joint torque during single limb support or increased propulsive
force production during double limb support. The proposed explanation of an in-
terlimb pathway between contralateral side below-knee afferents and ipsilateral hip
extensors could be functionally relevant to gait in persons with unilateral below-knee
below-knee deficits such as in persons with amputation, stroke, or paralysis. As in
unilateral, below-knee amputee subjects the lack of an effective foot-ankle complex
limits both propulsive force production and afferent feedback. Compared to controls,
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amputee subjects have higher positive hip work (Grumillier et al., 2008; Silverman
et al., 2008) and hip extensor moments (Bateni and Olney, 2002; Grumillier et al.,
2008) during early stance in walking, when the intact limb is leading (amputated side
trailing). This increased hip extensor action is considered a compensatory response to
aid propulsion due to the insufficient propulsion on the amputated side. Simulation
studies have shown increases in gluteus maximus activations, during early stance as
a contributor to this compensation (Silverman and Neptune, 2012; Zmitrewicz et al.,
2007). Walking with a contralateral total ischemic block above the knee, also shows
an increase in gluteus maximus activation on the ipsilateral side (Dickey and Winter,
1992). Thus, deficits in contralateral afferent feedback from the action of propulsion
could elicit an increase in contralateral hip extensors (gluteus maximus). This is pos-
sible through either excitation (via an excitatory connection) or facilitation (via the
release on an inhibitory connection). Suggesting that under normal locomotor cir-
cumstances contralateral below-knee afferent feedback could have an inhibitory effect
on the ipsilateral hip extensors. Thus providing a neural basis for the development
of rehabilitation strategies for populations exhibiting this compensation.
5.6 Final thoughts
The goals of this dissertation were to investigate the contributions of plantarflexor
muscles during stance and flexor muscles during swing to the walk-to-run transition
and probe the potential contributions of afferent feedback to the underlying neuro-
muscular mechanism ultimately responsible for the transition. In line with my goal,
this research ultimately contributes four major findings to the field: i) unilateral
transtibial amputees transition from a walk to a run at significantly slower speeds
than able bodied individuals, ii) the walk-to-run transition speed is not limited by
propulsive force production in unilateral, transtibial amputees, iii) the tibialis ante-
rior muscle is of major importance in the walk-to-run transition in both unilateral
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transtibial amputee subjects and able-bodied individuals, and iv) contralateral below-
knee extensor afferents may have a net facilitory effect on ipsilateral tibialis anterior
and rectus femoris muscles during locomotion.
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APPENDIX A
MECHANICALLY DECOUPLED CYCLE ERGOMETER
A.1 Index of effectiveness
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A.2 Force pedal calibration
The force pedals each used two Kistler type 9251 piezoelectric load cells. Voltage was
amplified through a Kistler 5010 amplifier. The voltage conversion for the pedal Z
direction was 100 N/V and 40 N/V for the pedal X direction. Sensitivity (V/Cu) was
determined through multiple calibration trials
A.2.1 To calibrate in the Z direction (See Fig. 27):
- Secured force pedal in a clamp in the upright position
- Verified force pedal was completely level
- Placed 58.8lbs. of weight (265.55N) on the force pedal to calibrate the voltage out-
put
- Measured voltage output collected through Vicon as well as directly out of the
Kistler 5010 Amplifier with a voltmeter.
- The output N/V was calculated
- The sensitivity (V/Cu) of the amplifier was adjusted such that 100N = 1 V
- This process repeated and a minimum of three consistent trials were obtained.
A.2.2 To calibrate in the X direction (See Fig. 27):
The process described above was completed with two exceptions:
- The force pedal was placed in the clamp such that the X direction faced upwards
- Placed 10.0lbs. of weight (44.48N) on the plate to calibrate the voltage output
- The sensitivity (V/Cu) of the amplifier was adjusted such that 40N = 1 V
A.3 Mechanically decoupled cycle ergometer vs. Lode
A.3.1 Contributions of constant force springs
The 28.8 lbs of force was applied from the constant force spring (Stainless Steel
Constant-Force Spring, Item 9293K25, McMaster Carr) to each 0.17m secondary
115
crank arm over a distance of 1.2m. It was estimated that the addition of the constant
force springs applied a maximum resistive torque of -21.83Nm at 98° and a maximum
assistive torque 21.83Nm at 262° (Fig. 28).
Figure 29: Calculated trace of the crank torque generated by the constant force
spring applied to one crank. Vertical red dashed lines indicate maximum resistive
and assistive torque).
An electromagnetically braked ergometer (Lode)(Excaliber Sport, Groningen, Nether-
lands) was utilized to assess the differences in crank torque profiles with and without
the constant force spring applied (Fig. 29).
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Figure 30: Effects of of the constant force springs on crank torque (MDCE: mechan-
ically decoupled cycle ergometer).
A.4 Calculations
A.4.1 Resultant force
θpedal = Pedal Angle (degree) PHEX = horizontal (x) component of pedal heel tra-
jectory in coordinate plane
PTOX = horizontal (x) component of pedal toe trajectory in coordinate plane
PHEZ = vertical (z) component of pedal heel trajectory in coordinate plane
PTOZ = vertical (z) component of pedal toe trajectory in coordinate plane
Resultant Fx = horizontal (x) component of resultant force on pedal
Resultant Fz = vertical (z) component of resultant force on pedal
Fx = horizontal (x) component of force produced by foot on the pedal
Fz = vertical (z) component of force produced by foot on the pedal
θpedal = tan( − 1)((PHEX − PTOX)/(PHEZ − PTOZ))− 0.9
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Resultant Fx = [Fz sin(θpedal )] + [Fx cos(θpedal )]
Resultant Fz = [Fz cos(θpedal )] + [Fx sin(θpedal )]
A.4.2 Crank Torque
crank = crank torque
Fz = vertical (z) component of force produced by foot on the pedal
Fx = horizontal (x) component of force produced by foot on the pedal
θcrank = crank angle (degree)
Crank length = 0.17m
crank = [(-Fz cos(θcrank)) + (Fx sin(θcrank))] * 0.17
A.4.3 Effective force
crank = crank torque
Crank length = 0.17m
Feffective = crank 0.17
A.4.4 Crank Offset
SIMPLE CALCULATIONS:
θcrank difference = angle between primary and secondary cranks
θcrank offset = crank offset = deviation from 180 degree θcrank difference (perfect
pedaling)
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θcrank offset = θcrank difference 180
DETAILED CALCULATIONS FOR CODING PURPOSES:
θcrank primary = primary crank angle (L crank); crank offset is calculated with re-
spect to the primary crank in the forward direction
θcrank secondary = secondary crank angle (R crank)
θcrank difference = angle between primary and secondary cranks
θcrank offset = crank offset = deviation from 180 degree θcrank difference (perfect
pedaling)
θcrank difference = (360 - θcrank secondary) + θcrank primary
if θcrank difference > 360
θcrank offset = θcrank difference 540
else
θcrank offset = θcrank difference 180
A.4.5 Angular velocity
ωpedal = angular velocity of pedal
C = cadence
ωpedal = C(revolutions/minute(1 minute)/(60 seconds) 2)
A.4.6 Power (watts)
P = power (watts)
τcrank = crank torque
119
pedal = angular velocity of pedal
P = τcrank ωpedal
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